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ABSTRACT

Yang, Qi PhD, Purdue University, August 2019. Anti-Biofouling Implantable Catheter
Using Thin-Film Magnetic Microactuators. Major Professor: Hyowon Lee.

Hydrocephalus is a neurological disease characterized by abnormal accumulation

of cerebral spinal fluid (CSF) in ventricle of brain. 1 in 1000 newborns are affected

each year and it is life-threatening if left untreated. The golden standard of treatment

is to surgically implant a shunt that divert excessive CSF away from ventricle to

alleviate intraventricular pressure (ICP) in patient. Unfortunately, shunt failure rate

is notoriously high because of obstruction of catheter intake pore. The obstruction is

primary caused by normal and inflammatory tissue (biofilm) buildup over time. Shunt

replacement surgery is typically required after only 1 year of implantation for 40% of

patients. To prolong the lifespan of hydrocephalus shunt, we previously proposed and

designed magnetic micro-actuators platform to remove biofilm mechanically. Removal

of muscle cells and microbeads were demonstrated from wafer level devices on bench-

top.

To examine device efficacy in ventricular catheter, I developed magnetic actuator

on polymer substrate. First, polyimide-based flexible thin-film devices were micro-

fabricated and integrated into a single-pore silicone catheter. A proof-of-concept self-

clearing smart catheter was presented. Removal of microscopic biofilm was evaluated

against bovine serum protein (BSA). Detachment of BSA up to 95% was achieved

by shear stress from magnetic actuation. Next, I developed resistive deflection sens-

ing using a metallic strain gauge, allowing device alignment with magnetic field for

maximum energy delivery. In addition, auxiliary functionalities such as occlusion

detection and flow rate measurement were demonstrated on catheter. Moreover, a

new serpentine cantilever geometry with increased magnetic volume was proposed for



xiv

improved delivery of torque and deflection. In a bench-top evaluation, we showed pro-

longed catheter drainage (7x) in a dynamic fluid environment containing macroscopic

blood clots. Finally, using an intraventricular hemorrhage (IVH) porcine model, we

observed that self-clearing catheter had longer survival than control catheter (80%

vs. 0%) over the course of 6 weeks. Animals treated with magnetic actuation had

significantly smaller ventricle size after 1 week of implantation.
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1. INTRODUCTION

1.1 Hydrocephalus

Hydrocephalus is a neurological disorder characterized by an abnormal accumula-

tion of cerebral spinal fluid (CFS) in ventricle of the brain. Although precise definition

is controversial, the disease is associated with elevated intracranial pressure (ICP) and

dilatation of cerebral ventricle. The symptoms vary with age and severity. For in-

fants, the most notable sign is enlargement of skull because of CSF buildup. For

older patients, headache, vomiting, nausea, blurred or double vision, poor coordina-

tion, urinary incontinence and or cognition problems can occur [1].

It is commonly observed in children with approximately 1-2 newborns diagnosed

for every 1000 in the US [2, 3]. There were nearly 40,000 new admissions, 433,000

hospital days spend for pediatric hydrocephalus each year [4]. It is the most common

disease treated by pediatric neurosurgeons and accounts for roughly $2 billion in

health expenditures in the United States every year [4, 5].

According to traditional bulk flow model, CSF is secreted by the choroid plexus

epithelium in the cerebral ventricles. It flows into the subarachnoid spaces, and enters

the cerebral venous system via the arachnoid granulations [5]. For a hydrocephalic

individual, the production and absorption of CSF is imbalanced due to an obstruction

to the CSF flow. In rare cases, hydrocephalus is caused by overproduction of CSF.

If untreated, elevation of ICP can lead to irreversible central nervous system (CNS)

injury and could be life threatening.

Congenital hydrocephalus is present at birth and may be caused by genetic ab-

normalities or developmental disorders such as spina bifida and encephalocele. Ac-

quired hydrocephalus develops at time of birth or at some point afterward caused
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Fig. 1.1. Left: a brain with normal ventricle. Right: a brain with
enlarged ventricle. Image reprinted from [6].

by subarachnoid hemorrhage, head trauma, infection, brain tumor, or other surgical

complications [1].

1.1.1 Treatment

Shunt

For acute cases where ICP becomes dangerously high, patients are treated by

external ventricular drainage (EVD) to immediately release CSF and inflammatory

fluids outside of brain. For long-term in-patient management, most hydrocephalic

patients are treated by a hydrocephalus shunt, an implanted drainage path to divert

excessive CSF. The shunt consists of three components. A proximal catheter is used
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for CSF intake. Next, a valve is connected to regulate flow and pressure to prevent

over-drainage and posture related siphoning. Following the valve, a distal catheter

is connected for fluid exit (Fig. 1.2-1.3). Shunt is typically made from silicone, a

polymer biocompatible material used extensively in various medical applications [7,8].

Proximal catheter is placed in cerebral ventricle or lumber system and distal catheter

is planted at abdomen or atrium of heart [1]. Ventriculo-peritoneal shunt (VPS)

is the most common type in practice. It diverts CSF from ventricle to peritoneal

cavity. Ventriculo-atrial shunts, lumbo-peritoneal shunts are occasionally used [5].

Each year an estimation of 400,000 shunt-related operations are performed in the

United States [9,10]. Unfortunately, shunting has enormous complications related to

infection and malfunction. Long term shunt survival reliability is extremely poor.

Ventricular

catheter

Distal catheter

into the chest or

abdomen cavity

Catheter lies

tunneled under

the skin

Ventricles

Pressure

valve

Fig. 1.2. Excessive CSF enters ventricular catheter and exits from
distal catheter at abdomen or chest. Image adapted from wikimedia
commons.
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Distal Catheter

Pressure Valve

Ventricular Catheter

Fig. 1.3. A full set of VP shunt consists of ventricular catheter, pro-
gramable pressure valve, distal catheter and connectors. Model 82-
8803PL from Codman is shown.

Endoscopic third ventriculostomy (ETV)

Endoscopic third ventriculostomy (ETV) is an alternative surgical procedure for

treatment of non-communicating (obstructive) hydrocephalus, the case where CSF

flow is obstructed within the ventricle. This procedure requires endoscope to access

into third ventricle. A puncture is made to open the floor of third ventricle, enabling

a direct communication into prepontine cistern [5, 11]. Studies suggest that EVT is

advantageous in long term treatment survival [12] in comparison to shunt. However,

there is a high rate of early failure, particularly in infants [13]. Therefore VPS remains

the standard of care for adult patients and children older than 2 years of age [5].
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1.2 Shunt Failure

Shunt systems are notorious for their extremely high failure rate. More than 40%

of patient experience shunt failure within 1 year and up to 85% experience within 10

years of implantation [14,15]. Apart from infection, shunt malfunction is the primary

failure mode. Extreme physical movement can cause undesired shunt dislocation or

disintegration of catheter. [15, 16]. Most shunt malfunctions, however, are caused

by an obstruction in one or multiple locations within the drainage path, including

proximal catheter, valve or distal catheter. Shunt failure is diagnosed by expansion

of ventricle volume. Imaging techniques such as computed tomography and magnetic

resonance imaging are typically used to determine the level of occlusion. Once an

obstruction is confirmed a revision surgery is required to replace the failed component

or the entire shunt system. Shunt revision surgery has become a routine procedure

that burdens both patients and healthcare givers. As high as 70% of hydrocephalus

related surgeries were shunt revision operations [15]. Furthermore, there is an increase

in shunt failure risk associated with each additional number of revision surgeries [17].

Therefore, there is an urgent need for a robust, failure-free shunt system.

Fig. 1.4. Occluded ventricular catheters removed during shunt revi-
sion surgeries. Image reprinted from Lin et al [18] with permission.
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1.2.1 Shunt Obstruction

Implantable medical device is susceptible to attachment of biological materials

over the course of implantation. Hydrocephalus shunt is no exception as it is placed at

a biological environment where proteins, cells, tissues, blood clots and other biofilms

exist. Proximal end of hydrocephalus shunt is the most likely location to occlude.

About one third of the occlusion is found at the valve or inlet pore of ventricu-

lar catheter [14, 19–21] as shown in Fig. 1.4. Normal brain tissues, such as choroid

plexus, white or grey matter and connective tissue can invade and infiltrate ventricular

catheter. It has been suggested that physical proximity or a pressure driven contact

can cause tissue ingrowth and eventually mechanical blockage of inlet pore [22, 23].

Pathological tissue (red blood cells, platelet, blood-borne or CNS inflammatory cells)

can also enter proximal end of catheter. Catheter insertion related injury response or

secondary injuries from mechanical agitation can inflicts pathological tissues growth

around ventricular catheter. If ventricular hemorrhage is incited during surgery, blood

clots may form via platelet mediated adhesion. Hemorrhagic debris could enter and

obstruct the pore or downstream. Inflammatory cells are the last type of material

that triggers shunt occlusion [16, 24]. When a foreign object is introduced inside

the brain, a series of foreign body response is initiated. Local inflammatory and

wound-healing response produce cells that adheres at catheter sidewalls. Lympho-

cytes, macrophages, mast cells, giant cells and fibrin matrix, etc. have been observed

to cause cellular buildup and eventual obstruction [24–27]. Undesired cellular buildup

is commonly referred as biofouling (or fouling) in biomedical, marine and water treat-

ment industries. Immune response related fouling not only hinders reliability for hy-

drocephalus shunt but also plagues other implants such as chronic neurostimulation

and neurorecording devices (Fig. 1.5).
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Fig. 1.5. Upon implantation of biomaterials, foreign body immune re-
sponse cause biofilm accumulation and encapsulation over time. Im-
age reprinted from [28] with permission.

1.2.2 Obstruction Prevention Strategies

Since the introduction of shunt usage in 1955 by Pudenz [29,30], various obstruc-

tion prevention methods have been proposed and studied in vitro, in vivo or in clinical

practice. Here, a brief review of obstruction management at ventricular catheter is

presented. Improvements made at pressure valves and distal catheter is outside the

scope of this manuscript and therefore not being discussed.

Surgical Remediation

Surgical techniques were developed to alleviate shunt occlusion at initial implanta-

tion or subsequent operations. For instance, Kehler et al. [31] employed a ventricular

sheath that is peeled away after placement of catheter to avoid infiltration of brain

tissue upon insertion. A nonsignificant 13% revision decrease was reported within 1

year of shunt implantation.
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Pattispu et al. [32] utilized electrocautery to removal obstruction material from

electrically generated heat. This procedure is done post-occlusion and requires endo-

scope to access inner lumen of ventricular catheter. A 85% shunt survival rate was

observed post-operation within 20 months in a study carried out on 20 patients.

Ultrasonic cavitation has been explored to clear up occluded pores as well. Gins-

berg et al. [33] designed a low frequency ultrasound system that can deliver sound

wave at 20-28 KHz to produce localized cavitation. The miniaturized system was

inserted into shunt catheter lumen during surgeries. An in vitro sheep study revealed

90% of pores were cleared from choroid plexus blockage.

Laser was used to remove obstructing biofilms found in ventricular catheters.

Chrstens-Barry et al. [34] demonstrated in vitro removal of choroid plexus, scallop and

8% polyacrylamide by delivering focused and pulsed laser with energy from 200 mJ

to 400 mJ.

Initial catheter position inside the brain also plays a role in the development of

catheter occlusion. Prolonged shunt survival can be achieved when placing ventricular

catheters in the frontal horn, anterior to the choroid plexus [24, 35–37]. In some

cases, decreased rate of failure was found when immersing ventricular catcher tip in

CSF [38]. Furthermore, Harris et al. [15] indicated that gravity enhances macrophage

and astrocyte adhesion on lower half of catcher inner lumen parallelled to the ground.

Therefore, tilting angle may play a role in reducing occlusion risk.

Aforementioned strategies may reduce the need and frequency of a full revision

surgery to some extent; however, they require invasive interventions from highly

trained personnel. Hence, an autonomous and in-patient obstruction prevention ap-

proach may be more advantageous.

Surface Approaches

Many attempts focused on superior material substitute to silicone or surface coat-

ings less likely to attract biofilms. For instance, in 1991 Wong et al. tested poly-
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2-hydroxyethyl methacrylate (pHEMA) because of its hydrophilicity and gel-like na-

ture [39]. Recent studies suggested that pHEMA can impede cell attachment and

protein deposition [40–43]. However, the occlusion prevention outcome was minimal.

Six out of seven explanted devices were covered by fibrous encapsulation in an in vivo

study.

Ellis et al [44], in association with Medtronic, reported the use of ’extracted sil-

icone’ (commercially branded extracted Delta valve and extracted ventricular and

peritoneal catheters) as shunt material. Extracted silicone was removed of silicone

oligomers, a small composition native to standard silicone elastomers. Unpolymerized

oligomers was removed because it interacts with immune system and elicit inflamma-

tory response. Two clinical cases studies showed prolonged life time (revision free for

> 1 year) for children hypersensitive to silicone [44,45].

Patel et al [46], studied neuron cell proliferation on hydrophobic monomers with

additional coating agents. Fuoroalkylsilane (FAS), anticoagulant heparin and hyaluro-

nan were coated on silicone sheets and tested. They indicated that FAS reduced

astrocyte growth in vitro while heparin and hyaluronan did not lower cell attachment

compared to bare silicone. All three coatings failed to prevent choroid plexus binding.

It was suggested that polymer surface characteristic, other than wettability, may play

a role in specific cell adhesion.

Polyvinyl pyrrolidone (PVP) was another material coated on silicone to improve

shunt functionality and reliability. PVP is a hydrophilic material that was used to

inhibit fibroblast adhesion [47]. In 1997, Medtronic introduced PVP coated hydro-

cephalus shunt under the commercial name ’Bioglide’. It was advertised for easy

insertion of catheter during surgical placement. Its smooth surface minimizes tissue

damage and therefore reduces the chance of inflammatory response [48]. Although

PVP coated catheter showed lowered bacteria adhesion [49,50], subsequent report in-

dicated that the use of PVP coated catheter had little to no improvement in infection

over bare silicone catheter. Bioglide was eventually taken off market in 2010 because
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its lubricous surface was unable to provide enough friction for a reliable lock between

catheter and pressure valve connector.

Antibiotic-impregnated shunt surface was also utilized to prevent or reduce CSF

infection. For instance, Izci et al [51], examined the efficacy of silver impregnated

polyurethane tubing against CFS infection from bacteria. The surface lowered CSF

protein and bacterial level after one month of implantation. However, its long term

efficacy has yet to be studied.

Catheter pore modification

The architectural design of ventricular catheter is an ongoing interest of modifi-

cation. The effect of ventricular catheter hole location, size and quantity was studied

and manipulated. Typically, holes of ventricular catheters are evenly spaced and

identical in size with diameter between 500 µm to 1000 µm. Lin et al indicated

that holes at the most proximal end of the catheter is the primary location of ob-

struction [18]. According to their computational fluid dynamic (CFD) study, the two

most proximal holes receive 80% percent of flows in an eight-hole catheter system.

To avoid large influx of biofouling material from CSF at the proximal hole, a design

featuring gradually decreased hole diameters away from tip end was proposed. The

design evenly distributes flow intake among the holes, preventing a less aggressive

fluid intake. A subsequent study on number of holes and ratio between hole/segment

was reported by Galarza et al [52]. Furthermore, reducing the number of holes from

32 to 6 or even one can potentially increase shunt patency [27, 53]. It was suggested

that reduced number of opening lowers the chance of tissue infiltration without re-

ducing flow velocity [27, 54]. Shear stress was identified as a key factor that affects

biofilm attachment strength [15,18,55,56]. Harris, et al. indicated that there was an

increase in macrophage and astrocyte adhesion with higher shear stress. The positive

dependence between shear stress and cell adhesion was observed in the range between

0 to 0.01 N/m2. It was also suggested that this relation is threshold dependent. High
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shear stress above a certain limit reduces cellular attachment [15,57–59]. In addition,

the effect of hole shape has been studied [60]. Conical hole alters flow distribution and

reduce local shear stress as compared to conventional cylindrical hole. Hole sidewall

roughness is another factor that affects cellular adhesion [61–63]. Lowered cell adhe-

sion might be achieved using smooth surface from advanced hole patterning technics.

Despite efforts made from computational and bench-top studies, catheters with hole

modification have yet to be tested systematically in vivo or in patient for functional

evaluation, best to author’s knowledge.

1.3 Passive Anti-fouling Strategies

Passive fouling prevention strategies aim to reduce biofilm binding autonomously

without external human intervention. It has been an ongoing area of research as

the need for reliable chronic implantable devices is increasingly recognized. These

methods primarily focus on modifications in material, geometry, surface physical and

chemical properties.

Typically, a decrease in interfacial energy between implant material and targeted

biofilm is engineered to achieve anti-fouling outcome. Common anti-fouling materials,

such as polyethylene glycol (PEG) terminated polymers [64, 65], perfuoropolyether-

based random terpolymers [66], zwitterionic polymers [67,68] and phosphazene poly-

mers [69] have been extensively studied and tested against proteins, bacteria and

fungus.

Release of nitric oxide (NO) was suggested to inhibit biofilm proliferation. NO

is a gas molecule that prevents platelet adhesion, thrombus formation and bacteria

reproduction. It was also utilized to promote wound healing and biofilm dispersal

by chemical reactions [70–79]. NO release layer was engineered to incorporate onto

donor substrates, such as silicone and teflon, for applications from water treatment to

implantable grafts and stents [75, 78, 80–83]. However, NO release surface has finite

dose and the gas is typically consumed within days or even hours. Therefore, the
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use of NO release may have limited impact for chronically implanted applications.

Currently, It has never been used for addressing hydrocephalus shunt failure, best to

author’s knowledge.

Next, with advancement in microfabrication and nanotechnology, customized mi-

croscopic surface structures were patterned to prevent microbial growth. Chung, et

al, reported an engineered biomimetic micro-topography based on skin of sharks that

disrupts biofilm formation [84]. Protrude micro-columns were designed on PDMS sub-

strates to penetrate and rupture cell walls. Greatly reduced bacterial proliferation

was demonstrated within 30 days test period.

Evenly spaced nano-pillars topography, observed from cicada wings, was found

to have bactericidal effect [85]. The structural origin of such effect was explained

by Pogodin et al [86]. A mathematical model was established to describe bacteria

deformation on top of nano-pillars arrays. PMMA substrate has been used to realize

nano-pillar surface from using nano-imprint lithography. The substrate was shown

effective in killing gram negative E-coli in vitro [87].

Although these passive anti-fouling strategies are encouraging in reducing the pro-

gression of micro-scale biological film attachments, they do not fully prevent fouling

process. Moreover, these strategies usually target against a specific spices of biofilm

but fail to inhibit growth of other types [46]. A generalized strategy that removes all

types of biofouling material is more appealing. This is particularly true for hydro-

cephalus shunt because both microscopic and macroscopic biomaterials can lead to

occlusion.

1.4 Active Anti-fouling Strategires

While passive anti-biofouling surfaces may decrease the rate of biofilm accumu-

lation, they do not eliminate bio-accumulation entirely. Thus, active anti-biofouling

approaches that periodically remove, reduce or dislodge a biofilm on demand is more

appealing, especially for chronically implanted devices. With the advancement in
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micro and nano fabrication and miniaturization of transducers, active strategies be-

came possible and gained interests among academic researchers. Existing strategies

utilize actuators to deliver electrical or mechanical energy locally upon request for

biofilm detachment and disruption. Strategies targeting generic biofilms, fouling in

cardiovascular, ophthalmological and dental diseases were designed and reported.

Ultrasound has been long identified as an assistive method to treat deep vein

thrombosis [88–90]. For instance, Kim et al, designed PZT based micro-ultrasonic

transducer to reduce blood clot in size from directional mechanical wave [91]. The

device was less than 1.5 mm in diameter and could be potentially integrated into

a catheter for vein access. As much as 40% clot mass reduction was achieved with

additional microbubble-assisted cavitation in vitro. The device showed mechanical

disintegration of clot even without delivery of typical thermolytic drug at an im-

plantable footprint.

Pepakayala et al [92], designed a magnetoelastic microstructure to address glau-

coma drainage device (GDD) failure from obstruction. GDD is a small tubular struc-

ture (typically less than 500 microns in diameter) that drains excessive aqueous humor

out of eye ball to regulate intraocular pressure for glaucoma patients [93]. However,

it is prone to fouling from collagen and fibroblast buildup. This magnetoelastic reso-

nant device was micro-machined from Fe40Ni38Mo4B18, a magnetoelastic alloy that

shrinks or expands microscopically under magnetic field. The device vibrates up to

1.5 µm under a static bias and a time varying magnetic field. The structure was

mounted at exit of GDD tubbing and a flow up to 266 µm/s was induced to address

fouling. However, no anti-fouling result was reported in vivo or in vitro so far.

Hwang, et al [94] proposed a biofilm removal technique using catalytic antimicro-

bial robots that combined molded helical propeller with magnetic nanoparticles. They

suggested that iron oxide nanoparticles can catalyze hydrogen peroxide and release

free radicals which eradicates bacteria chemically and breaks down exopolysaccharide

(EPS) matrix. They demonstrated S. mutans films removal from inner lumen of a

glass tubing (7 mm diameter) by rotating and propelling the robot through the path
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magnetically. The robot may be useful for accessing confined space like inside of

human teeth and catheters, however, imaging guidance and multi-coil magnetic field

generating system are required to navigate the robot, which complicates the use in

patients.

Wang, et al. designed a configurable surface that combined ferrofluid on top of

micro-channels [95]. The surface changes its physical geometry and flow pattern under

external magnetic field to manipulate friction, adhesion properties and water droplet

interaction. At large field strength, macro scale protuberance was utilized to rupture

and remove green algae. However, the surface requires ferrofluid on top and may not

be suitable for implantable applications.

Electric field has also been explored as an active anti-fouling source. For instance,

Yeh, et at. demonstrated nano-molecule desorption on PZT membrane by vibration

assisted electric field [96]. They indicated that electrostatic potential produced by

PZT can overcome binding energy (Van der Waals and hydrophobic effect) between

proteins and substrate underneath to cause detachment. As much as 50% bovine

serum proteins was removed from titanium surface from actuation.

These active strategies provide excellent insight on how biofilm can removed by

localized energy delivery. However, none of the techniques can be easily adapted to

prevent hydrocephalus shunt obstruction non-invasively. For ultrasonic transducers,

a voltage delivery requires a separate implantable battery or sophisticated energy

delivery system, which raises question of battery compatibility risk. For magnetic

propeller, the magnetic spatial gradient required for adequate force may be challeng-

ing to achieve. This is particularly difficult for penetrating deep brain space because

the gradient dissipates as 1
R3 , with R being distance from coil to target. A satisfying

active anti-fouling strategy should not only address a wide variety of biofilm materials

on demand but also tailored for the location and architecture of hydrocephalus shunt.
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1.5 Magnetic Actuators for Hydrocephalus Shunt Obstruction Preven-

tion

To address hydrocephalus shunt failure problem, especially biofilm related obstruc-

tion at fluid intake pore of ventricular catheter, magnetic micro-actuator was proposed

to actively prevent or remove occlusion mechanically by shear generation [97–100].

The micro-electromechanical system (MEMS) structure consists of a pair of anchored

torsional beams or a single cantilever. A structural plate with ferromagnetic or per-

meant magnet material is attached at end of beams. Under the presence of magnetic

field, the structure experiences mechanical torque to deflect out of plane as illustrated

in Fig. 1.6. The structure was indented to sit at pores of ventricular catheter to re-

move biofilm by in-and-out of plane motion under alternating magnetic field. This

device is advantageous because it can be operated wirelessly and is battery-free.

Fig. 1.6. (a) Torsional magnetic actuator at rest. (b) Actuator rotate
out of plane under the presence of magnetic field. Image reprinted
from [100] with permission.



16

Magnetic actuator of this kind was first reported by Judy. et al in 1995 [101].

It was fabricated using a batch process that combined electroplating with conven-

tional IC-lithography, materials and equipment. The cantilever material was made

from polysilicon. Nickel iron alloy (Ni80Fe20) was electroplated as magnetic material.

A large displacement (1.2 mm) and rotation angle (over 180 degrees) was achieved.

Later, a torsional actuated structure was designed and fabricated with an on-chip pla-

nar actuation coil [102] Judy. et al, primarily focused on proof-of-concept, fabrication

technics and mathematical modeling of deflection behaviors in their original reports.

Micro-mirrors, micro-grippers and optical switches were potential applications for

magnetic actuators at the time [101–103].

In 2006, Lee. et al, first demonstrated a design of magnetic actuator intended for

cell removal at ventricular catheter intake pore [104]. An array of torsional device was

fabricated from silicon nitride (SixNy) beams with rectangular Nickel ferromagnetic

element. The structural plate has round edges contour closely to shape of circular

opening. The moveable structural plate was enclosed by silicon substrate with a

small gap in between (5 - 80 microns), resembling a cylindrical pore. The study

focused on cell detachment and removal in vitro. They indicated that as much as

50% of pre-coated muscle cell was removed off from actuator surface by actuation. In

addition, device resonant behavior and mechanical fatigue performance were reported

in 2011 [97].

Later, Lee. et al examined magnetic resonant imaging (MRI) compatibility of

torsional magnetic actuator [100]. Under exposure to strong static (7 T) and radio

frequency (RF) magnetic field from a 7-Tesla MR system, the structural integrity of

magnetic actuator remained unaffected. Static and dynamic response showed insignif-

icant difference before and after experiencing MRI operation. The result also showed

minimal increase in RF heating (1.6 ◦C). However, imaging artifact was detected

because of high susceptibility of ferromagnetic nickel.

Next, Lee et al, proposed and fabricated magnetic actuator with bimorph can-

tilever that bends naturally downward at resting state to allow better fluid pas-
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sage[237]. The resting flexural bent was produced from stress between two layers of

silicon nitride deposited using low pressure chemical vapor deposition (LPCVD) and

plasma enhanced chemical vapor deposition (PECVD) sequentially. Lee et al exam-

ined mechanical behaviors of the device, including post release bending angle, static

and dynamic responses. Finally, microbeads removal clearance capability was demon-

strated through a circulatory setup. Shear stress generated from liquid-actuator in-

teraction was identified as the main mechanism of debris removal. Jet impingement

tests and 2D finite element analysis [97] were conducted to support the claim.

Thus far, magnetic actuators were designed for intake pore on ventricular catheter.

However, detachment of cells and microbeads were only examined on wafer level. An

integration of magnetic actuator into catheter had yet to achieve. Silicone catheter

is soft and compliant as compared to brittle silicon chip. The inherent mechanical

mismatch makes it difficult to integrate the existing design into a polymer tubbing.

Therefore, it is necessary to develop a secure attachment between magnetic actuator

and catheter to further investigate the functionality of magnetic actuator in vivo.

1.6 Scope of Study

The objective of this study is to advance the development of magnetic micro

actuator to increase reliability and extend lifetime of hydrocephalus shunt. More

specifically the primary goal is to: 1) Develop a device integration strategy for a

’smart catheter’ featuring magnetic actuators in situ; 2) Create a new generation

of devices that address tissue level fouling in vivo. In order to achieve the goal,

the primary strategy was fabricating the actuator using a flexible polymer substrate,

allowing a precise and secure attachment to the contour of catheter.

In Chapter 2, I will discuss the development of novel fabrication process for poly-

imide based implantable magnetic micro-actuator. An adaption from a published

journal article [105] is presented. Device integration, mechanical behaviors, protein

and bacteria clearance evaluations were accomplished. Chapter 3 features an adap-
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tation from a published journal article [106]. Metallic strain gauge material was

integrated to detect strain on cantilever produced from actuation. Optimal align-

ment between external magnetic field and actuator can be achieved through resistive

readout. In Chapter 4, a new actuator geometry was proposed to improve deflection

and torque for prevention of blood clot obstruction in vitro. Occlusion from tissue

level blood clot was significantly reduced in a dynamic in vitro setup. Next, an in

vivo evaluation of smart hydrocephalus shunt with integrated magnetic actuators was

presented. An intraventricular hemorrhage porcine model was used to enlarge ventri-

cle. Improved shunt survival outcome was observed by magnetic actuation. Chapter

5 concludes this dissertation with closing remarks on device limitation and future

research direction.
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2. FABRICATION AND FUNCTIONAL EVALUATION

OF POLYIMIDE BASED MAGNETIC ACTUATORS

Biofouling is a serious issue with enormous implications for devices used in biomedical,

maritime, and environmental applications [107]. For devices that chronically interface

with the body, biofouling can have a detrimental impact on device performance [108].

Implantable devices such as catheters and biosensors, often suffer from catastrophic

functional degradation over the course of their lifetime due to biofouling [109]. An

example of biofouling related failure that can lead to critical injury for patients can

be found in shunt systems used for hydrocephalus. Hydrocephalus is a neurological

disorder that is characterized by an abnormal accumulation of cerebrospinal fluid

(CSF) in the brain, often due to an imbalance between the generation and absorption

of CSF. It is commonly diagnosed in children with approximately 1-2 newborns diag-

nosed for every 1000 in the United States [110, 111]. Unfortunately, there is no cure

for this debilitating disease. The gold standard for the treatment of hydrocephalus is

the implantation of a shunt system to divert excess CSF from the brain to another

part of the body [112]. As such, a sudden failure in this important device can lead to

significant and rapid health decline for the patient. Unfortunately, shunt systems are

notorious for their extremely high failure rate of more than 40% within 1 year and up

to 85% within 10 years of implantation [14, 15]. A large portion of this high failure

rate can be attributed to biofouling-related obstruction and infection [14,21].

A significant amount of research effort has been devoted to mitigating such biofouling-

related device failures by preventing and minimizing the attachment of biomolecules

onto a surface of interest. Most anti-biofouling strategies can be classified as either

passive or active methods. The passive approaches aim to prevent biofilm accumula-

tion by creating a ’stealth surface’, which ideally remains undetected in a biological

milieu and therefore is not prone to biofouling [113]. Typically, these anti-biofouling
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surfaces are created using polymer coatings to decrease the interfacial energy between

the surface with the surrounding solution or to reduce the intermolecular forces be-

tween the surface and the biomolecules [113]. Examples of anti-biofouling polymers

include polyethylene glycol (PEG) terminated polymers [64, 65], perfluoropolyether-

based random terpolymers [66], zwitterionic polymers [67,68] and phosphazene poly-

mers [69]. More recently, biomimetic micro and nanoscale patterns have also been

explored to prevent biofouling. Pogodin et al., demonstrated the antimicrobial prop-

erties of nanopillar structures found on the wings of a Cicada [86]. Moreover, Chung

et al., recently engineered micro-topography found on shark skin that were shown to

disrupt biofilm formation [114].

While passive anti-biofouling surfaces may decrease the rate of biofilm accumula-

tion, they do not eliminate bio-accumulation entirely. Thus, active anti-biofouling ap-

proaches that can periodically remove, reduce or dislodge a biofilm on demand remain

more attractive, especially for chronic applications (e.g., implantable devices, marine

sensors, etc.). Several different electro-mechanical transducers have already been pro-

posed for anti-biofouling applications including electrostatic repulsion, electroosmotic

forces, and ultrasound-induced shear forces to combat against proteins [96], bacte-

ria [115], and even blood clots [91]. Although these active methods demonstrate

exciting potential for combating biofouling, they pose challenges for chronically im-

plantable devices because of their complexity and high power requirements.

To combat biofouling in situ without the morbidity, mortality, and expense of

additional surgical intervention, we have previously proposed to use microfabricated

magnetic actuators for removing bio-accumulation on ventricular catheters [98]. A

magnetic microactuator is ideal for such applications due to its simplicity (i.e., they

do not require integrated circuits or power source). Although the cellular removal

capabilities [98], durability [99], and magnetic resonance imaging compatibility [100]

of these devices have been demonstrated, they have only been fabricated on a rigid

silicon substrate thus far, which complicates their integration into flexible devices. To

facilitate the integration of microfabricated devices into silicone-based catheters, we
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designed, fabricated, and tested novel thin-film polymer-based magnetic microactua-

tors in an effort to create a self-clearing smart catheter. In this work, we demonstrate

the new process flow to create polyimide-based magnetic microactuators and inte-

grated them into silicone-based implantable catheter for future in vivo evaluations.

We report static and dynamic mechanical responses of these devices, and evaluate

their bacteria clearing capabilities. The mechanical stability of these device is also

examined. To demonstrate anti-biofouling properties of these thin-film-based mag-

netic microactuators, we evaluated the impact of actuation using fluorescent protein

and bacteria.

2.1 Design

2.1.1 Material and Device Structure

Our thin film devices use a single cantilever beam structure. The structural plate

is patterned out of a uniform polyimide layer as illustrated in Fig. 2.1. Polyimide is

chosen as the structural material because of its excellent chemical resistance, biocom-

patibility, compatibility with MEMS process and good mechanical properties [116].

The microdevice features the same design previously reported in [99]. At the tip of

the cantilever beam, an electroplated nickel magnet covers the surface of a circular

structural plate. The diameter of the structural plate is chosen to be 900 µm, which

is slightly smaller than the pore size of a ventricular catheter. In the presence of a

magnetic field, the magnetic element can apply a moment on the flexure to cause

out-of-plane deflection. The large amplitude out-of-plane deflection produced in this

manner is used to mechanically remove biofouling. Assuming that the torsional load

on polyimide cantilever is a concentrated on tip, the relationship between the applied

magnetic field and the resulting deflection angle can be described by [117], [101]:
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Fig. 2.1. Dimension and structure of polyimide-based magnetic actuator.

Φ = VmMH sin
(π

2
− φ
)
/kbeam (2.1)

kbeam = EI; I =
wt3

12L
(2.2)

with beam cantilever beam stiffness kbeam, magnet volume Vm, magnetization M ,

applied magnetic field H, modulous of elasticity E, beam width w, beam length L

and beam thickness t. We experimentally determined 12 µm as the optimal thickness

for reasonable stiffness and overall structural strength. With the fixed thickness, we

varied the cantilever beam length (250-500 µm) and width (40-55 µm) to optimize

device performance as shown in Table 2.1.

2.1.2 Dynamic Response Theory

To evaluate dynamic behavior, our magnetic microactuator was modeled as a

cantilever–tip mass system. The resonant frequency can be approximated by solving

the natural modes of free vibration. According to Euler-Bernoulli theory [118], free

transverse vibration of a thin uniform cantilever can be described by:

EI

ρA

∂4W (x, t)

∂x4
+
∂2W (x, t)

∂t2
= 0 (2.3)
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Table 2.1.
Design variation

Device Type A B C D E F

Beam Length [µm] 500 400 400 350 300 250

Beam Width [µm] 55 55 50 50 45 45

Nickel Area [µm2] 418541 440341 438911 448911 458711 468911

Fig. 2.2. An illustration of coordinate system defined for the calcula-
tion of natural resonant frequencies.

where W (x, t) is vertical deflection amplitude as a function of length and time t,

at position x along length of the beam. A, I, ρ, E, are the cross section area, the

second moment of inertia, density, and the Young’s modulus of beam, respectively.

The natural vibration frequency ω = 2πf can be solved by applying proper boundary

conditions to W (x, t). In our case, the cantilever is fixed at base at all time, therefore:

W (0, t) = 0;
dW (0, t)

dx
= 0 (2.4)

On the other end of cantilever (x = L), the shear force must match with the tip mass

m:

EI
∂3W (L, t)

∂x3
= m

∂2W (L, t)

∂t2
(2.5)
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Tip mass m is defined as the mass of structural plate plus the nickel on top. The

bending moment at x = L must also match with the moment of inertia of tip mass

J :

EI
∂2W (L, t)

∂x2
= −J ∂

3W (L, t)

∂x∂t2
(2.6)

The moment of inertia J is calculated from the geometry of structural plate as illus-

trated in Fig. 2.3. The primary flexural resonant frequency is solved for numerically

after applying boundary conditions (2.4), (2.5), (2.6) to equation (2.3). Assume

W (x, t) can be separated by a function of time and a function of space:

W (x, t) = W (x)T (t); (2.7)

W (x) = Cesx (2.8)

T (t) = A1cosωt+B1sinωt (2.9)

By separation of variable:

d4W (x)

dx4
− ρAω2

EI
W (x) = 0 (2.10)

d2T (t)

dt2
+ ω2T (t) = 0 (2.11)

The general form of solution for W (x) is given by:

W (x) = C1(cosβx+ coshβx) + C2(cosβx− coshβx)

+ C3(sinβx+ sinhβx) + C4(sinβx− sinhβx)
(2.12)

where:

β4 =
ρAω2

EI
;ω = β2

√
EI

ρA
(2.13)

After applying boundary conditions the final equation to solve has the form:

− 2β5(EI)2[ρ2L4A2 − x4mJ + cosh(βL)cos(βL)ρ2L4A2

+ cosh(βL)cos(βL)β4L4mJ + sinh(βL)cos(βL)ρL4β3JA

+ sin(βL)cosh(βL)ρL4β3JA+ sinh(βL)cos(βL)ρL4βmA

− sin(βL)cosh(βL)ρL4βmA)]/(ρ2L9A2) = 0

(2.14)

Natural resonant frequency is the only unknown. A Matlab script was written to

calculate the primary flexural resonant frequencies (See Appendix).
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Fig. 2.3. An illustration of moment of inertia calculation from super-
position principle. Total moment of inertia J = J1-J2+J3-J4. The
figure on top describes mass of structural plate from nickel. J1 is
calculated from thin disk of nickel layer enclosed by dotted circle. J2
indicates thin sheet of nickel layer to be subtracted as indicated by
dotted rectangular boundary. The figure on bottom describes mass
of structural plate from polyimide. J3 is calculated from thin disk of
polyimide layer enclosed by dotted circle. J4 indicates thin sheet of
polyimide to be subtracted as indicated by dotted rectangular bound-
ary.

2.2 Fabrication

Fig. 2.4 illustrates the overall process flow. Starting from a single side polished 100

mm silicon wafer (Silicon Quest, San Jose, CA), 500 nm of silicon dioxide (SiO2) was
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first deposited as a release layer using Plasma Enhanced Chemical Vapor Deposition

(Axic, Milpitas, CA). On top of the oxide layer, polyimide (PI-2525, HD Microsystem,

Parlin, NJ) was spin coated at 1500 rpm and soft baked on hotplate (130 ◦C and 150 ◦C

successively for 30 s each). An adhesion promoter (VM652, HD Microsystem, Parlin,

NJ) was then used before the application of polyimide to ensure good adhesion. The

sample was then cured with a nitrogen oven using the manufacturer specified heating

sequence.

Next, a 20 nm chromium adhesion layer and 50 nm gold conduction layer were de-

posited using an electron beam evaporator (Varian). The pattern of the electroplated

nickel was defined by 25 µm thick photoresist (AZ9260, Microchemicals, Germany).

The nickel ferromagnetic element was electroplated in 2 L plating solution containing

1 M nickel sulfamate, 0.4 M boric acid, and 10 g sodium dodecyl sulfate at 60 ◦C. Ten-

micron-thick nickel was deposited in 38 min using the current density of 10 mA/cm2.

The structural plate was defined by oxygen plasma etching in an Advance Oxide

Etcher (Surface Technology System, Newport, United Kingdom). An Oxygen and

Argon gas mixture (7:1) was used under 600 W RF coil and 20 W platen power. The

polyimide thickness was then verified using Alpha-Step IQ surface profiler (KLA-

Tencor, Milpitas, CA) after oxygen plasma etching. To release the sample, the wafer

was placed in 6:1 buffered oxide etchant (BOE) for approximately 40 hours. After

release, 500 nm of Parylene C was conformally coated (PDS2010, Specialty Coating

System, Indianapolis, IN) to improve biocompatibility.

2.3 Mechanical Evaluation

2.3.1 Static Response

To characterize the static mechanical response of fabricated magnetic microac-

tuator, the angular deflection as a function of applied magnetic field strength was

measured for each device. The magnetic field was generated by a custom made iron

core electromagnet magnet. The magnetic field strength was measured using a gauss-
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Fig. 2.4. Fabrication sequence of a polyimie-based magnetic micro-
actuator. (a) Deposition of 500 nm SiO 2 followed by 12 µm poly-
imide. (b) Evaporation of Cr/Au followed by Ni electroplating. (c)
Definition of structural plate patterning. (d) Removal of Cr/Au. (e)
Release of the thin-film magnetic microactuator.

meter (8010 Gauss/Telsameter, Pacific Scientific, Chandler, AZ) as a function of

applied current. The individual device structure was aligned and gently placed on a

5 mm thick PDMS mold with 2 mm diameter through-holes for structural support

as shown in Fig. 2.6a. PDMS was then placed on top of the electromagnet under a

digital microscope (KH8700, Hirox, Hackensack, NJ). The top edge of nickel magnet

and the base of the cantilever, shown in Fig. 2.6b, were focused and their vertical

positions were recorded. The difference between two points was then converted into

deflection angle using device geometry as illustrated in Fig. 2.6c. The vertical length



28

Fig. 2.5. (a) Photograph of an array of 5 devices. (b) microscopic
image of a single device (Type D, top view).

Z was directly recorded by the microscope at deflection. The angle conversion is given

by trigonometry:

sin(φ) =
Z

L1

φtan(π−φ
2

)
+ L2

(2.15)

The deflection angle φ can be solved numerically. Results obtained from each

device type is presented in Fig. 2.7. Our results indicate that approximately 15–25

KA/m of magnetic field strength can give us fairly large deflections (>45 degrees),

and this will serve as a general guide to what magnetic field strength we need to use

to actuate the device in vivo.

2.3.2 Dynamic Response

The dynamic responses of the polyimide-based magnetic microactuators were mea-

sured in air and in deionized water to identify the resonant frequency at which the

device actuates with high energy efficiency. An electromagnet with a 6-inch-long fer-

rite 77 core (Fair-Rite, Wallkill, NY) was made for measuring the dynamic responses

because of its high relative permeability and excellent frequency response. The test

sample was placed on a PDMS fixture on top of the electromagnet in the same manner

as with the DC measurements. A scanning laser Doppler vibrometer (MSA-400, Poly-
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Fig. 2.6. Schematic and definitions for static deflection measurements.
(a) A photograph of PDMS testing structure on top of the bespoke
electromagnet. (b) Schematic of bench-top mechanical evaluation
setup, which allows large out-of-plane deflection φ in applied mag-
netic field. (c) Definition of geometric measurements made for static
response.

tec, Waldbronn, Germany) was used to measure the out-of-plane velocity at a series

of points across the actuator surface (Fig. 2.10). The electromagnet was driven with

a swept sine excitation generated by the MSA-400 system. The fast Fourier trans-

form algorithm was applied to the time series velocity data, and frequency-domain

integration was used to develop a spatially averaged displacement spectrum for the

device (Fig. 2.11).

A linear approximation of the impedance of the magnet was used to estimate the

current applied. The H1 frequency response estimator (amplitude per unit actuation

current) was then calculated, giving the best linear estimate of the relation between

current and displacement from 1.25 to 1200 Hz with a 1.25 Hz resolution. A plot of the
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Fig. 2.7. Static angular deflection. Solid line indicates theoretical pre-
diction, circle represents measured values, a-f correspond to designs
A through F. The results (n = 2) are expressed as average ± s.d.
The theoretical calculations were made based on nickel thickness =
10µm, polyimide thickness = 12µm and a saturated Ni magnetiza-
tion = 0.6T.
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Fig. 2.8. H1 frequency response estimators of a representative mag-
netic microactuator (Type B) in air and in water. Black dots and axis
represent data in air, grey dots and axis represents data in deionized
water.

magnitude of the H1 frequency response estimator is shown in Fig. 2.8. The frequency

at which the peak amplitude occurred in air was recorded. Theoretical prediction

and measurement of primary resonant frequencies for 3 sample devices (Type B) are

compared in Table 2.2. The discrepancy between observed resonant frequency in

air and theoretical prediction is most likely from nickel thickness variation due to

electroplating.

2.3.3 Mechanical Fatigue

It is important to ensure that the polymer-based the micro actuator is strong

enough to survive extended cycles of actuation. We examined its mechanical fatigue

property by continuous actuation for 300 million cycles. This translates to 30 minutes

of actuation every week for 30 years. Physical appearance and resonant frequencies

of the devices were compared before and after actuation.



32

a b

Fig. 2.9. Characterization of electromagnet used for dynamic re-
sponse. (a) Impedance as a function of excitation frequency. (b)
Magnetic flux density produced at location of actuator as a function
of supplied current.
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Fig. 2.10. An example of laser projection mapping on an actuator
surface. Circle indicates laser position.

Total of 3 actuators (Type B, C, D) in a sheet of polyimide substrate were tested.

They are suspended on top of two thin PDMS anchor points covalently bonded on a

glass slide. This configuration allows actuator to deflect up or down during actuation.
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Fig. 2.11. (a) Spatially averaged raw displacement. (b) Voltage sup-
plied to the electromagnet. (c) Calculated AC current supplied to the
electromagnet. (d) Calculated vertical spatially averaged displace-
ment from actuator surface per unit current supplied.
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Table 2.2.
Expected vs. measured resonant frequency (n = 3)

Theory Measured ∆[%]

Beam length [µm] 400 409.98 ±0.75 2.49

Beam width [µm] 49 48.90 ±0.95 -0.20

Tip mass [Kg] 4.57×10-8
4.54×10-8

-0.65
±3.62×10-10

J Calculated [Kg·m2] 2.54×10-15
2.52×10-15

-0.78
±2.02×10-17

f [Hz] 464.93 449.13±7.94 -3.39

Fig. 2.12. Schematic of the mechanical fatigue setup and a photograph
of the array of devices tested.

The glass slide along with five devices were put in a small beaker filled with 1X

PBS solution. Temperature of PBS was maintained at 37 ◦C by circulating solution

between a flask sitting on top of a hotplate and small beaker via a peristaltic pump

(Cole-Parmer). The actuators were driven by a the same electromagnet used in

static response. The magnet sat below the small beaker and was aligned to devices.

Actuation current was supplied from an amplifier driven by a function generator set

at 100 Hz sine wave. The magnet was water cooled in a large beaker. Ice water was
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circulating between the larger beaker and a cooler via the multichannel peristaltic

pump.

Three devices were periodically taken out of the testing setup at 300 thousand,

3 million, 30 million, 150 million and 300 million cycles and tested for resonant

frequency in air under LDV. The results are concluded below in Fig. 2.13. At the

end of 300 million cycles all 3 devices maintained good attachment to substrate.

Polymer geometry did not swell or shrink and there were no visible cracks or dents

on cantilevers.

The resonant frequency shifts at the end of 300 million cycles compared to initial

0 cycles were less than 5%. (Fig. 2.13a). A comparison between frequency response

mode shapes from 0 cycles and 300 million cycles is shown in Fig. 2.13b (Type D).

Most of the shift can be attributed by mass building on the device from salt formation

when device was dried up from PBS, as can be seen in Fig. 2.13c.

2.4 Functional Evaluation

2.4.1 Protein Removal

To characterize the protein-based biofouling removal capability of polyimide-based

thin-film magnetic microactuators, we coated our devices using fluorescent-tagged

bovine serum proteins (BSA-FITC, ThermoFisher Scientific, Waltham, MA, USA).

The shear stress required to remove BSA has previously been reported to be in the

order of 1-10 dyn/cm2 [119, 120]. Previous finite element simulation indicates that

magnetic actuator with similar geometry can generates a surface shear stress over 100

dyn/cm2 at 30 degrees and 10 Hz [97]. As such, we expected our microactuators to

have little trouble in removing the adsorbed BSA-FITC. The fluorescence intensity

of absorbed BSA-FITC plateaued around 5 mg/ml on Parylene surface, therefore,

all BSA-FITC evaluations used this concentration. Each sample was placed inside a

sterile test tube with 5 mg/mL of BSA-FITC in PBS and incubated for 2 h. The

images of protein coated samples (n = 8) were taken using a fluorescence microscope
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(Axio Observer Z1, Carl Zeiss Microscopy, LLC) using filter set 17 (excitation, BP

485/20, and emission BP 515-565, Carl Zeiss Microscopy, LLC). Next, we investigated

the impact of actuation of our microdevices on adsorbed protein concentration. Four

protein-coated microactuators were subjected to 26.5 kA/m of magnetic field at 40

Hz for 5 minutes, and re-imaged. A set of control devices (n = 4) was treated

with 5 minutes of zero magnetic field. The fluorescence intensity of microactuator

surfaces before and after actuation was quantified using imageJ software (version

1.50i). Fig. 2.14 a-d shows fluorescence images of BSA-FITC coated microactuators.

Without actuation, little change in fluorescence intensity was observed. However,

actuated samples show statistically significant reduction in fluorescence (p < 0.01),

which suggests robust biofouling removal.

By periodically removing protein coating that occurs following implantation, it

may be possible to delay the inflammatory response that can leads to a premature

implant failure. Compared to the control devices, the amount of albumin reduc-

tion exceed more than 90% with only 5 min of actuation. Indeed, there are several

other plasma proteins that can trigger inflammatory response including fibrinogen

(340 kDa) and fibronectin (220 kDa) that have different molecular weights than al-

bumin (66.5 kDa). However, the non-specific interaction is mainly affected by the

hydrogen bonding as well as the hydrophobic, Van der Waals, electrostatic, and

macromolecular forces, and thus more sensitive to the isoelectric points (pI) of each

protein [121, 122]. Although additional experiments will be needed, our hypothesis

is that these other proteins will feature similar adhesion properties that can be over-

come by our microactuators since they all have similar isoelectric points (pI = 5.5

for fibrinogen and fibronectin and pI = 4.7 for albumin) [123–126]. Therefore, we be-

lieve our result provides the preliminary evidence to suggest that these self-clearing

catheters can not only be used to remove cellular biofouling [98], but may also be

used to combat protein ?lm growth that precedes macrophage recruitment.
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2.4.2 Bacteria Removal

The device was placed inside a sterile test tube with Escherichia Coli in a 5 ml

Lysogeny Broth and incubated overnight in a shaker incubator (250 rpm) at 37 ◦C.

Following incubation, the tube was taken out and placed in room temperature for

another two hours to facilitate the adhesion of E.coli onto the device. Three groups of

devices were tested: control, non-actuated, actuated in a cross-sectional comparison.

For the control condition, devices were taken from the incubation tube, immediately

stained (t = 0) using Live/Dead Bacteria Viability Kit (Thermo Fisher Scientific) and

imaged under an inverted fluorescent microscope (Axio Observer Z1, Carl Zeiss). The

images were taken at 10X objective under 17-Alexa Fluor 488 reflector (live/green)

and a 20-HE Rhodmanie reflector (dead/red). The non-actuated devices were placed

in the 1X PBS solution for 20 min without applying magnetic field, then stained

with fluorescent dyes, and imaged under the microscope. The actuated devices were

subjected to 26.5 KA/m of magnetic field at 100 Hz, then stained and imaged. The

time elapsed due to the actuation and imaging was approximately 45 min (Fig. 2.15).

Images were taken and processed using Fiji software (Life-line version) [127].

Fig. 2.16 includes images of the device at each experimental conditions. Intensities

of the devices in all conditions were calculated and presented as integrated density

for region of interested (Fig. 2.17). We compared the amount of remaining bacteria

as evidenced by the integrated density for both live and dead bacteria. There was

a large decrease in the amount of live bacteria and increase in the amount of dead

bacteria after 45 minutes compared to the control, which indicates progression of

bacteria death during the treatment phase of experiments. The actuated devices had

even less live bacteria remain on the surface. Interestingly, we also noticed further

decrease in dead bacteria after the actuation compared to devices without actuation.

These results suggest that our devices may be able to remove both live and dead

bacteria from its surface.
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2.5 Device Integration

Our device structure was manually slid inside a catheter and aligned to the hole

punctured in a central venous access device (Cook Model G0664), which has the

inner diameter of ∼1300 µm. The polyimide substrate was rolled to comply with

catheter wall curvature and fixed in place without silicone adhesive. We found that

the flexible nature of our microfabricated devices facilitates the integration with into

an implantable catheter (Fig. 2.18). The manual integration of our single device was

relatively simple and straightforward, although we suspect that alignment of an array

of device in a multi-pore catheter design may be more challenging. Nevertheless,

it may not be necessary to have each inlet pores be integrated with a magnetic

microactuator since the biofouling-related occlusion occurs most often on the proximal

inlet pores where the flow rate is the highest [18, 52]. Therefore, it may be possible

to vary the number and location of devices to optimize catheter performance.

2.6 Conclusions and Discussion

Here we report on the development of polyimide-based thin-film magnetic microac-

tuator, which exhibits great promise for combating biofouling. The flexible nature of

the device facilitates the integration with into an implantable catheter as we demon-

strated (Fig. 2.18). The manual integration of our single device was relatively simple

and straightforward, however, alignment of an array of device in multi-pore catheter

design may be more challenging. The mechanical responses of these microfabricated

devices showed good agreement with theoretical values, which indicates good control

of our fabrication processes. The static deflection of magnetic microactuator mirrored

the expected value closely (Fig. 2.7) and the resonant frequency of our microactuators

differed on average by less than 4% (Table 2.2).

To mitigate potential device failure due to chronic actuation, we evaluated the shift

in resonant frequency following over 300 million cycles of actuation, which corresponds

to more than 30 years of lifetime for 30-min of weekly actuation at 100 Hz. The
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change in resonant frequency was also relatively minor with the maximum change

being approximately 4.3% (Fig. 2.13a). Our post-actuation examination showed that

all tested samples showed deposition of salt crystals which could have contributed to

the shift in resonant frequency. Overall, the polyimide-based magnetic microactuators

were demonstrated to be flexible enough for simple integration into an implantable

catheter and were mechanically robust enough to be chronically implanted.

Finally, we have demonstrated the capability of our devices to expel protein layer

that adheres to it surface (Fig. 2.14). We have shown previously that our microac-

tuators can reduce the amount of cell grown on our devices [98]. Inflammatory pro-

cesses often begin with proteinaceous layer formation that triggers recruitment of

macrophages [109]. By periodically removing protein coating that occurs following

implantation, it may be possible to delay the inflammatory responses that can leads

to premature implant failure. Compared to control devices, the amount of protein

reduction exceed more than 90% with only 5 minutes of actuation. This result pro-

vides preliminary evidence to suggest that these self-clearing catheters can not only

be used to remove cellular biofouling materials as previous demonstrated, but may

also be used to combat protein film growth.

One potential caveat to our anti-biofouling approach is that it is not clear what

happens to the displaced material. Understanding the downstream impact of removed

biomaterials will be important in clinical utility of these devices. The ultimate aim

of this research is to utilize these smart self-clearing implantable devices to improve

the reliability and lifetime of implantable devices by preventing and removing bio-

fouling. The reported results further demonstrate the proof-of-concept of using active

mechanisms to combat biofouling in a more physiologically relevant test environment

against various biofouling materials. In the future, however, we will evaluate the per-

formance of our devices in vivo to demonstrate that our smart catheter can combat

biofouling in a more complex environment without adverse effects.

Our magnetically driven wireless actuation system can be easily adapted for real

clinical application. For future In-Vivo study, external magnetic field can be generated
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by air core multi-turn multiplayer coil with diameter similar to head size of animal

of interest. In this way near uniform magnetic field is produced in direction along

axis of coil. Strength of magnetic field will be adjusted by varying current supplied.

Depending on orientation of catheter placement, the actuation can be achieved by

either suspending coil on top of head or putting head inside. To achieve optimal

alignment of field and device, we plan to develop and incorporate piezoresistive strain

gauge sensor on cantilever for feedback of actuation amplitude. In this study, results

from single pore catheter with single device are presented. Area of impact is limited

to vicinity of single pore. In future development, multi-device array on multiple

pores or on inside catheter lumen will be explored and we expect stronger active

biofilm clearance performance. Furthermore, optimization of cantilever geometry

and ferromagnetic element will be studied for enhanced range of actuation motion

and higher shear stress. One particular approach author would like to explore is

combing passive anti-microbial surface, for instance nano-pillar [86], nano-flower [128]

or nitric oxide release [83] surface, with active actuation platform for improved biofilm

prevention and reduction.
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Fig. 2.13. Mechanical fatigue result. (a) Percent change in primary
resonant frequency at various actuation cycles. The results (n = 3)
are expressed as average ± s.d. (b) Frequency responses of a represen-
tative device before and after 300 M actuation cycles. (c) Photographs
of a microactuator before and after 300 M actuation cycles. Note the
crystalline deposit around the perimeter of the device.
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Fig. 2.14. (a-d) Fluorescent images of BSA-FITC coated magnetic
microactuators. Scale bar = 200 µm. The control device shows lit-
tle change before (a) and after (b) treatment. The actuated device
shows significant change in fluorescence intensity before (c) and af-
ter. (d) application of magnetic field. Red dots outline the actuated
device. (e) Plot of fluorescence reduction due to actuation (n = 4).
Note that the difference in fluorescence reduction between control and
actuated devices is statistically significant (p < 0.01).
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Fig. 2.15. Timeline of bacteria removal experiment.

Fig. 2.16. A. Initial Bacteria distribution as control at T = 0 min for
live and dead bacteria. B. Bacteria distribution after 20 min in PBS
without actuation at T = 45 min. C. Bacteria distribution after 20
min actuation in PBS at T = 45 min. The scale bars = 200 µm.
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Fig. 2.17. Integrated fluorescent density for live and dead bacteria
at various experimental conditions. At T = 45 min, there was a
large decrease in the amount of live bacteria and an increase in the
amount of dead bacteria compare to the control devices. There was
a further decrease in the amount of live bacteria and dead bacteria
of the actuated devices compared to the devices without actuation
at T = 45 min. The results are represented as mean ± standard
deviation.

Fig. 2.18. Images of integrated thin-film magnetic microactuators
into an implantable silicone-based catheter to provide self-clearing
capability.
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3. PIEZORESISTOR-EMBEDDED MULTIFUNCTIONAL

MAGNETIC MICROACTUATORS FOR IMPLANTABLE

SELF-CLEARING CATHETER

Hydrocephalus is a neurological disease characterized by excessive accumulation of

cerebral spinal fluid (CSF). The gold standard for treating hydrocephalus is chron-

ically implanting a drainage system to remove the CSF from the brain. Unfortu-

nately, the implantable catheters are notorious for obstruction-related failures which

can have devastating consequences for hydrocephalus patients [129–131]. Previously

we reported fully integrated polymer cantilever based microscale magnetic actuators

to realize a self-clearing catheter. Translational in-and-out of plane motion from the

cantilever have been used to remove various obstruction materials. However, as we

move forward to examine in vivo efficacy of our self-clearing catheter, the need to peri-

odically monitor the performance of implanted microactuator became apparent. Here

we integrated gold-based piezoresistive strain-gauge on our magnetic microactuators

to measure the device deflection. With the integrated strain-gauge, we demonstrate

multi-functional capabilities of our magnetic microactuators that facilitates device

alignment, measure flow rate through the pores, and detect the presence of obstruc-

tion. This development brings us a step closer towards a smart hydrocephalus shunt

system that can improve the patient outcome.

3.1 Introduction

Hydrocephalus is a neurological disease characterized by an excessive accumula-

tion of cerebral spinal fluid (CSF) in the ventricles of the brain. The gold standard of

hydrocephalus treatment is the implantation of hydrocephalus shunts through which

CFS can be diverted out of the brain. However, the failure rate of these shunt systems
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remain high, especially among children. A clinal study conducted from April 2008

to December 2011 reported that 33% out of 1036 patients experienced shunt fail-

ure [130]. The time at which the shunt fails is also alarming. In a more recent clinical

study, Anderson et al., reported that 30-day shunt failure rates range from 9-18% for

primary shunt implants and 23-26% for revision shunts [131]. Among failure cases,

up to 77% were due to shunt malfunction, which includes obstruction, over-drainage,

and loculated ventricles [129,130].

Previously, we reported the development of fully integrated self-clearing implantable

catheter using thin-film polyimide-based magnetic microactuators [99,132]. The large

out-of-plane motion of the microactuators in the presence of externally applied mag-

netic fields are used to provide local mechanical shear stress at the catheter inlet pores

to disrupt biofilm and clear the obstructions from the catheter. This active mechani-

cal removal mechanism was seen in an acoustic device that treats glaucoma drainage

shunt failure [92]. The polyimide-based structure was robust enough to withstand

more than 300 million actuation cycles while demonstrating significant protein and

microbead clearance [105]. Moreover, our microactuators have been determined to be

rugged enough to withstand up to the 7-Tesla Magnetic Resonance Imaging system

while producing minimum heating or image artifact. [100]. Our hypothesis is that

the in situ self-clearing capability will address obstruction-related shunt failures and

increase the longevity of this critical implantable devices.

During our preliminary in vivo evaluation on the efficaciousness of the self-clearing

catheter, however, the need to periodically monitor the mechanical responses of the

microactuators became apparent. For example, we found that, once the device is

implanted, it is impossible to verify whether the device is oriented properly or even

actuating as expected. We also found that it is difficult to determine whether the

animal condition is deteriorating due to a failed device or other complications. This

difficulty in determining the cause of illness in shunted patients is also echoed by many

clinicians. Given the average time to shunt failure of approximately 45 days [130],

being able to prophylactically check the shunt status in the early days following
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implantation would be immensely helpful in preventing a more catastrophic device

failure.

Several groups have proposed methods to monitor catheter pore obstruction by

measuring CSF impedance between inside and outside the lumen of ventricular catheters

[133,134]. Impedance is modulated as a function of change in ionic concentration and

inlet pore patency area due to biofouling and obstruction. The impedance of CSF,

however, may be affected by changes in CSF constituents including blood, immune

cells, and choroid plexus. Thus, here we explored a direct mechanical method inte-

grated into our microactuator to determine whether the pore is obstructed. Using a

piezoresistive strain sensor on our actuator, it is possible to measure amount of deflec-

tion. When the pore is free of any biofouling, the device will provide the maximum

resistance change while the amount of deflection and the corresponding resistance

change will decrease as the pore becomes more obstructed.

In this work, we used ex vivo blood clot to mimic biofouling obstruction that can be

introduced during surgery or due to a traumatic brain injury. The intracranial hem-

orrhage often leads to bleeding into the ventricle, which can lead to post-hemorrhagic

hydrocephalus with up to a 50% mortality rate [135]. Rapid removal of blood from

the brain is crucial in improving patient outcome [136]. Although ultrasound wave

has been shown to facilitate breakdown of blood clot mass with and without throm-

bolytic agents, application of ultrasound to deep brain structures likely remains a

challenge [88,91,137,138].

Here we demonstrate piezoresistor integrated magnetic microactuators that can

provide additional capabilities including obstruction detection, device alignment, and

flow rate measurement on top of existing biofouling-removal capabilities of the mi-

croactuator. The work principle in piezoresistivity is variation of the resistivity of

the material itself due to an applied stress [139]. For Convention MEMS device,

semiconductor materials are usually chosen for high sensitivity to strain and stress.

Microscopic origin of piezoresistivity is from stress induced band gap and mobility

change. Resistivity varies because of its dependence on electron mobility and carrier



48

density [140]. A common parameter describing piezoresistor performance is gauge

factor G (G = ∆R
R
/ε, where ∆R is resistive change, R is baseline resistance and ε

is strain). For example, Single crystalline silicon and germanium have gauge fac-

tors greater than 150 [141]. Boron doped CVD deposited polysilicon substrate has

a gauge factor up to 27 when annealed at 1100◦C [142]. Single and poly crystalline

diamond films show gauge factors above 2000 [143]. However the problem with semi-

conductor based piezo resistor is that deposition and annealing temperature is easily

above 400◦C hence not compatible with polymer substrate. Recently, nanomaterial-

based resistive transducers have been reported and they are notable for exceptional

sensitivity at small strain and stress [144, 145]. However, integration of these ma-

terial requires more complex fabrication steps that affect manufacturability.Metals

can also be used as piezoresistors. Resistance variation of metal mostly comes from

stress induced geometry change and normal gauge factor of a thin metallic pattern

is between 2 and 5 [139]. Metal can be easily deposited and patterned on polymer

film by evaporation or sputtering followed by lift off without damaging underneath

polymer layer. The thin-film gold (Au) strain gauge is chosen for its biocompatibility,

chemical inertness, linearity, and ease of fabrication. There are several examples of

using Au in a microfabricated pressure sensor and implantable applications [146,147].

Furthermore, the G of 1-2 from Au piezoresistor provide more than enough sensitivity

to generate detectable signal given large deflections of our magnetic microactuators.

3.2 Device Design and Fabrication

3.2.1 Device Design

The general structure of the flexible micro magnetic actuator follows our previous

design [105, 132]. In short, the device consists of a rectangular polyimide cantilever

with a tip mass structure attached at the end. The tip mass structure consist of a

near circular polyimide base and Ni ferromagnetic element on top. Tip mass rotate in

response to magnetic field and deflect cantilever. The newly integrated Au piezoresis-
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tor is located at base of cantilever to maximize the change in resistance. The shape of

piezoresistor follows conventional serpentine pattern to increase net resistance given

the confined space [148]. The design has three windings evenly distributed at width

of cantilever. Entire area of piezoresistor including the contact pads has a total of

109 effective squares in which 94% is on active region that experiences stress from

cantilever deflection.

3.2.2 Microfabrication Process

Fabrication of polymer-based magnetic microactuators with piezoresistive element

was adapted from our first-generation flexible device [105]. Fig. 3.1 illustrates the

fabrication steps. On top of a 100 mm single-side polished silicon wafer, 500 nm of

silicon dioxide (SiO2) release layer was deposited using PECVD (Axic, Milpitas,CA).

Next, polyimide (PI2525, HD Microsystem, Parlin, NJ) was spin coated at 1600 rpm

and cured in a nitrogen oven. Prior to coating, an adhesion promoter (VM-652, HD

Microsystem, Parlin, NJ) was applied onto the oxide layer to improve adhesion. The

polyimide thickness was verified to be 10.7µm using an Alpha-Step IQ surface profiler

(KLA-Tencor, Milpitas, CA).

On top of polyimide layer, the piezoresistor (20 nm Cr and 50 nm Au) was de-

posited using an e-beam evaporator (Airco) and lifted off using a predefined photore-

sist mold. Following the metal deposition, a second layer of polyimide (PI 2545 HD

Microsystem, Parlin, NJ) was spin-coated at 8000 rpm to achieve 1.2 µm-thickness.

Cr/Au adhesion and conduction layer was then evaporated on the wafer globally in

preparation for Nickel (Ni) electroplating. A 8-µm-thick of Ni ferromagnetic element

was deposited and defined by the plating mold (AZ9260, MicroChemicals GmbH,

Ulm, Germany). Afterwards, the outline of structural plate, cantilever and device

boundary was dry-etched using oxygen (O2) plasma (Advanced Oxide Etcher, STS,

Newport, UK). Polyimide pattern was etched down until the sacrificial SiO2 layer was

exposed. The samples were released in 6:1 buffered oxide etchant that removed the
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sacrificial layer. After the devices were detached and collected, piezoresistor contact

pads were opened up using O2 plasma.

3.2.3 Device Integration into Catheters

The integration of the thin-film device into an implantable catheter requires accu-

rate alignment between actuator and the inlet pore. Once they are aligned, thin film

substrate also needs to be secured and immobilized even in the presence of flowing

liquid. Furthermore, an electrical connection between piezo resistor and measure-

ment equipment needs to be established. To satisfy these requirements, a ’needle and

thread’ integration approach was developed. Two 15-inch long magnet wires were

aligned and attached to the gold contact pads located at the end of the piezoresis-

tor. Electrically conductive joints between wires and pads were formed by applying

liquid silver paste (CI-1001, Engineered Conductive Materials, Inc, Delaware, OH)

and curing on hotplate at 85 ◦C for 10 min. The wires along with actuator substrate

were then transferred and bonded to a small piece of polyimide tape for increased

structural integrity. Afterwards, the entire sample was coated with Parylene C (PDS

2010, Specialty Coating System, Indianapolis, IN) for improved insulation and bio-

compatibility.

Next, the microactuator substrate was cut so that it can fit inside the lumen of

the catheter. Using a commercial implantable catheter (Central Venous Catheter

Set, Cook Inc. Bloomington, IN), a 1.2-mm-diameter pore was manually punched.

The free ends of the two wires were inserted through the pore and pulled out from

catheter opening. Then, the actuator was dragged through the pore opening to

complete the assembly. Once the thin-film device enters the lumen of the catheter,

it curled around the inner wall. Finally, the catheter end with wires was sealed

with silicone adhesive. To test the robustness of the integration, deionized water was

manually injected to catheter opening using a 10 ml syringe. The actuator was able

to withstand five consecutive bursts of flow (>5 ml/s) without being dislodged or
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shifting in position. Fig. 3.1 shows an example of fully assembled smart catheter with

piezoresistor-embedded multifunctional magnetic microactuator.

Fig. 3.1. Process flow and fabricated multifunctional smart catheter.
Left: top and corresponding cross-sectional views of each fabrica-
tion step. Right: photographs of fully integrated smart catheter with
piezoresistor-embedded multifunctional magnetic microactuators.
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3.3 Characterization

3.3.1 Static and Dynamic Responses

A bespoke electromagnet and a test fixture was used to assess the performance of

the piezoresistive strain gauge of a fully integrated smart catheter sample. The funda-

mental function of the strain gauge is to provide static deflection angles as a function

of percentage resistance change. The change in resistance was measured through the

wired connection using a custom LabView 2013 with a 4-wire resistance measurement

mode. A static deflection response was measured by actuating the device in short

magnetic pulses at different magnetic flux density produced by an electromagnet in

a direction perpendicular to the catheter pore (Fig. 3.2). Static deflection results

showed that the thin-film piezoresistor has adequate sensitivity (0.035%/Deg) with

a range −30◦ to 30◦. The expected percentage change in resistance R is calculated

from equating cantilever deflection angle φ to maximum stress σmax produced by

point force F on the tip of cantilever:

φ =
FL2

2EI
;σmax =

FLt

2I
; (3.1)

∆R

R
= G

σmax
E

=
Gtφ

L
(3.2)

with cantilever beam length L, thickness t, elastic modulus E = 2.45 GPa for poly-

imide, and the moment of inertia I = wt3

12
for rectangular beam. Experimental results

indicated that our Au piezoresistor closely matched G of 1.1, which corresponds well

with G values from literatures (Fig. 3.2). Static deflection angle and resistive response

to 10 to 50 mT was tested because that is the range of field strength we are able to

generate and intend to test with. The upper limit of our magnetic coil for our future

in vivo animal study is 54 mT due to amplifier current constraint.

The dynamic response of the magnetic actuator can also be measured using the

strain gauge. Using our electromagnet, a sinusoidal magnetic field (<10 mT) was

swept from 5 Hz to 1 kHz in 20 s. A function generator with output voltage at 1.5

Vpp and an amplifier was used to supply current to the electromagnet (Fig. 3.3). The
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Fig. 3.2. Static characterization. (a) Resistance value under various
pulsed magnetic flux density. (b) Percentage of resistance change as
a function of actuation strength and actuation direction. Positive
change indicates deflecting downwards and negative change indicates
deflecting upwards (n = 3). (c) Deflection angle as a function of
magnetic flux density (n = 3). Theoretical line calculated by torque
balance [105, 132]. (d) Percentage of resistance change as a function
of deflection angle (n = 3). Theoretic line indicates predicted value
of resistance change of G = 1.1 for sample with L = 655 µm, w =
76 µm, t = 12 µm)
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resistance was sampled at 6.48 kHz and the amplitude spectrum representing the rela-

tive deflection was converted into frequency response using Fourier transform. Fig. 3.4

demonstrates the dynamic responses of a cantilever in air and in deionized (DI) water.

The results indicate our integrated strain gauge can detect critical characteristic of

magnetic actuators such as resonant frequencies and quality factors.
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Fig. 3.3. A representative resistive response from time-varying mag-
netic field swept in freqeuncy.

3.3.2 In Situ Device Alignment and Positioning

The orientation of externally applied magnetic field relative to the position of the

implanted device is critical in ensuring maximum device deflection. However, it is

difficult to ascertain whether the device is fully deflecting once it is implanted. Even

with live fluoroscopic imaging, the microscale device is too small to resolve. Here we

demonstrate that the integrated strain gauge can provide a method to optimize device

alignment with external magnetic field and to determine whether the device is fully
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a b

Fig. 3.4. Dynamic characterization. Representative frequency re-
sponses from the integrated strain gauge in a smart catheter (a) in
air and (b) DI water.
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deflecting. The relationship between misalignment angle θ and cantilever deflection φ

can be described by balancing the mechanical (τmech) and the magnetic torque (τmag):

τmech − τmag = 0 (3.3)

kφ − vmMH sin
(π

2
− θ − φ

)
= 0 (3.4)

with the rotational stiffness kφ = EI
L

, the volume of magnet vm, the magnetization

M = 0.6 T for Nickel, and the applied magnetic field strength H. Given the same

amount of magnetic field H, deflection angle φ can be solved as a function of misalign-

ment angle θ. The cantilever displacement will be smaller with greater misalignment.

Experimentally, this relation can be measured in real time using our strain gauge.

At the center of our electromagnet, a fully integrated smart catheter was taped at

bottom of a beaker supported by a custom 3D printed test fixture that can tilt. The

text fixture can be fixed at various misalignment angles (0–50◦) with respect to the

horizon (Fig. 3.5a). The beaker was filled with DI water to mimic cerebral spinal

fluid environment. For each alignment angle, a magnetic field strength of 20 kA/m

was pulsed for a least 3 s (Fig. 3.6). The change in resistance was recorded using

a custom LabView DAQ system (NI PXI-1010) with 4 wire resistance measurement

mode. Two pairs of probes were connected to two resistance terminals. One pair was

used to supply current while another for sensing voltage. Using the previously char-

acterized strain gauge calibration, the net deflection of our actuators were estimated

(Fig. 3.5b). With this alignment information, the orientation of external magnetic coil

can be adjusted to produce maximum deflection. In practice, the clinicians may be

able to utilize this information during implantation surgery and actuation procedure

to optimize the placement of device and the electromagnet.We envision that align-

ment is determined by active deflection of actuator from pulsed magnetic field and

compare resistive changes ∆R obtained from different external coil placement angles.

Once maximum pulsed resistive change is observed, coil placement is fixed and we

claim optimum placement is achieved. Fig. 3.5b serves as general misalignment angle

reference.
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Fig. 3.5. (a) Illustration of device misalignment. If the device orienta-
tion is not perpendicular to the applied magnetic field, the misalign-
ment angle θ can affect the device deflection φ. (b) Deflection angle as
a function of misalignment. For a given magnetic field strength, the
deflection angle φ decreases as a function of misalignment θ which
can be used to ensure that the magnet is oriented properly during
actuation (n = 3).Theoretical line calculated for sample with vm =
0.003 mm3, L = 405 µm, t = 12 µm and w = 47.5 µm
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Aligned 10° misaligned

20° misaligned 30° misaligned

40° misaligned 50° misaligned

Fig. 3.6. Resistive change under varied misalignment angles from 0 to
50 degrees. Magnetic field with fixed amplitude was used to generate
step responses for all cases.
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3.3.3 Flow Rate Measurement

Microactuator can not only be deflected using the externally applied magnetic

field but also be deflected passively due to flow of cerebrospinal fluid (CSF). When

excessive CSF is being drained through the catheter pores, the drag force can bend

the cantilever inward and the resistance change can be estimated by modeling the

fluid drag F = 1
2
ρv2CdA on a perpendicular thin plate, with the fluid density ρ,

the fluid velocity v, the drag coefficient of the plate Cd, and the area of structural

plate A. The stress at base of cantilever can be derived from assuming a point force

is concentrated at tip. Piezoresistor is experiencing maximum stress, the resistance

change can be described as

∆R =
ρv2CdARGLt

4EI
(3.5)

Gauge factor G = 1.1 determined from previous static response was used. The only

unknown was the drag coefficient Cd. Bench-top experiments were carried out to

characterize the flow rate-resistance relationship. In an evaporating dish, a smart

catheter with integrated microactuator was immobilized and submerged in DI water.

The open end of the catheter was connected to a S16 tubbing (Masterflex, Cole-

palmer) driven by peristaltic pump, which pumped DI water into the catheter as

shown in Fig. 3.7a. The volume flow rate was calibrated by measuring the mass

of the pumped water. The pump was driven at various flow rates (2–15 ml/min

with 1ml/min decrement) and the corresponding resistance change relative to the

baseline values were measured (Fig. 3.7). CSF production rate was reported between

0.3ml/min to 0.7ml/min [112,149].

3.3.4 Obstruction Detection and Removal

As mentioned in the introduction, one of the biggest clinical challenges for clini-

cians is to non-invasively determine whether the implanted catheter is failing due to

obstruction. Here we demonstrated that by monitoring the dynamic responses of our
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Fig. 3.7. (a) Schematic of flow rate measurement. The peristaltic
pump draws the fluid into the catheter which deflects the microactua-
tor. The strain gauge on the microactuators can be used to calculate
the flow rate. (b) Example of continuous measurement of piezore-
sistor response at various flow rates. (c) Change in resistance as a
function of flow rate. Note that the expected values were calculated
using G = 1.1 and drag coefficient Cd = 2 (n = 3) for sample with L
= 655 µm, w = 76 µm, t = 12 µm. Flow velocity v is calculated from
flow rate (2-15ml/min) through the catheter with inner diameter ID
of 0.9144 mm. Structural Plate area A is calculated from circle with
diameter of 850 µm. Water density ρ = 1000 Kg/m3 is used.



61

magnetic microactuators, it is possible to detect a presence of an obstruction at the

inlet pore. Moreover, it is possible to mechanically remove obstruction by actuating

our devices. After drawing blood sample from a euthanized pig, a blood clot was

formed by dropping 2 ml of blood into a phosphate buffered solution. The baseline

dynamic response of the device was measured as described. The blood clot mass

was gently squeezed into the catheter pore to mimic a robust obstruction following

which the dynamic response was measured again. With the blood clot obstructing

the movement, the dynamic response was suppressed significantly. Next, a low fre-

quency high amplitude actuation protocol was applied at 20 Hz at 25 KA/m for 3 min,

which dislodged and removed the blood clot mass. Finally, the dynamic response was

then captured again to demonstrate restoration of characteristic peaks (Fig. 3.8e).

This results illustrate the possibility of using strain sensor and the dynamic actua-

tor responses to detect the presence and absence of obstruction in the inlet pores of

implantable catheters.

3.4 Discussions and Conclusions

Here we designed, fabricated, and tested flexible magnetic microactuators with

integrated piezoresistive strain gauges to improve the functionality of chronically im-

plantable catheters. We demonstrated that the integrated strain gauge may be used

for a number of different purposes. By monitoring the resistance change as a function

of microactuator deflection, we determined whether the catheter pores were aligned

to provide maximum deflection. The resistance changed linearly with respect to the

deflection range of ±30◦, which corresponded well with the expected values. We also

demonstrated the fluid flow sensing capability which may be used to monitor the CSF

flow rate in situ. Moreover, our strain-gauge integrated microactuators showed the

capability to detect the presence of catheter pore obstruction.

The additional feature enabled by integrating the strain gauge on our actuator

may eventually be useful in clinical practice. As previously mentioned, it is difficult
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Fig. 3.8. Optical images of catheter pore before and after blood clot
obstruction removal: (a) before blood clot occlusion, (b) occluded
catheter pore, (c) during actuation, and (d) after the blood clot re-
moval. (scale bar = 1 mm) (e) Corresponding frequency responses
before and after blood clot obstruction. Note that when the blood
clot is obstructing the inlet pore, the dynamic response is completely
attenuated. Following large amplitude actuation and blood clot re-
moval, the dynamic response is restored to show characteristic peaks.
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to determine whether the microactuators are deflecting as intended once the catheter

is implanted. These integrated sensor allows non-invasive in situ probing of microac-

tuator status to ensure that the devices are functioning as expected. Moreover, the

integrated sensor provides a method to ensure that the catheter is oriented property

to provide maximum anti-biofouling capabilities. Most importantly, the new smart

catheter provides a real-time monitoring of implant failure due to pore obstruction.

By comparing the dynamic responses of the microactuators before and after obstruc-

tion removal, it is possible to use the microactuators to determine the presence of

the obstruction, remove it, and show that the obstruction has cleared, which will

ultimately reduce the need for frequent device replacement. As we move forward to

in vivo evaluation of these implantable catheters, these additional features will be of

great importance.

Nevertheless, there are additional work needed to fully embrace the integrated

strain-gauge approach. Since the goal of magnetic microactuators are to prolong the

lifetime of the implantable catheter, the long term reliability of the piezoresistive

strain gauge sensor cannot be overlooked. The resistance baseline drift is a well-

recognized issue in using piezoresistor-based strain gauges [150–153] due to temper-

ature fluctuation, material aging and mechanical fatigue [108]. We also noted that

some devices also show an increased baseline resistance over time (Fig. 3.7). The

cause of base line drift is most likely due to mechanical creep in polymer and small

deformation of Au contact pads over time. Viscoelastic material, such as polyimide,

exhibit increased strain over time under abrupt constant stress [154,155]. In addition,

the flexible nature of polymer thin film substrate makes Au contact pads susceptible

to bend due to environmental impact. A similar claim was reported by [151]. For

alignment, fault detection and deflection angle sensing, active magnetic field driven

differential measurements are implemented and they are unaffected by baseline drift-

ing effect. For a passive flow rate measurement, however, resistance drift may be a

problem since an absolute resistance value is needed. Additional bonding between

substrate and catheter sidewall may greatly reduce substrate deformation hence al-
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leviate substrate deformation induced baseline shift. In future iterations, a reference

resistor [156] or half Wheatstone bridge [157] should be incorporated to compensate

or minimize additional unwanted adverse effect such as temperature variation. For

this iteration, our priority is to demonstrate functionality and hence dummy resis-

tors was not included in the design. Moreover, we will also need to characterize the

long-term stability and mechanical integrity of the thin-film piezoresistor. Although

we have previously demonstrated that our polyimide-based microactuators are robust

enough to withstand up to 300 million actuation cycles [105], we need to ensure that

the thin Au layer structure can also withstand large actuation cycles. Finally, we will

need to incorporate wireless capability to measure the changes in resistance for the

device to be truly useful in clinical settings. The current wired integration facilitates

the bench-top proof-of-principle evaluations. However, the extended wire can be a

point of mechanical failure as well as site of infection if transcutaneous. Thus, future

work will include integration of passive wireless telemetry capabilities to fully enable

our smart self-clearing and self-monitoring catheters.
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4. RAPID REMOVAL OF BLOOD CLOT USING

SELF-CLEARING CATHETERS FOR IMPROVED

TREATMENT OF INTRAVENTRICULAR

HEMORRHAGE AND POST-HEMORRHAGIC

HYDROCEPHALUS

Maintaining patency of indwelling drainage devices is critical in preventing post-

hemorrhagic hydrocephalus (PHH) following an intraventricular hemorrhage (IVH).

The highly deadly condition may be curtailed if the blood can be removed rapidly

from the brain. Surgeons using external drainage devices to remove blood often have

to replace the ventricular catheter that is occluded with hematoma. Here we report a

series of in vitro and in vivo evaluations to demonstrate that our self-clearing catheter

can expedite removal of hematoma from the ventricle and improve the outcome after

an IVH and PHH. Using an implantable magnetic microactuator, we created a self-

clearing catheter that can generate large enough forces to break down obstructive

hematoma by applying time-varying magnetic fields. In a bench-top evaluation, we

show that the self-clearing catheters can last >7x longer than traditional catheter

in a blood-circulating model (211 vs. 27 min). Moreover, we show that the self-

clearing catheter can maintain a low pressure for longer periods than the control (239

vs. 79 min). Using an IVH porcine model, we demonstrate that our self-clearing

catheters have longer survival than control catheters (80% vs. 0%) over the course

of 6 weeks. The treated animals also had significantly smaller ventricle sizes after

1 week of implantation compared to the control animals with traditional catheters.

These results suggests that self-clearing catheter may have therapeutic benefits in

improving the outcomes of critical patients suffering from often deadly IVH.
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4.1 Introduction

Brain hemorrhage is one of the most common and lethal forms of stroke affecting

more than 2 million patients annually worldwide. In 45% of these cases, bleeding

occurs inside the ventricles of the brain and leads to an intraventricular hemorrhage

(IVH). When the blood clot (hematoma) forms and obstructs the circulation of cere-

brospinal fluid (CSF), IVH can lead to an even deadlier condition (50-80% mortality)

known as post-hemorrhagic hydrocephalus (PHH, 40% of IVH) [158,159]. IVH is es-

pecially common in preterm pediatric patients with low birthweight and subsequent

PHH can have devastating neurodevelopmental consequences [160].

A gold-standard in the treatment of IVH is rapid removal of hematoma using

various interventional methods including open surgery, minimally-invasive catheter-

based drainage, and thrombolytic agents to relieve the elevated intracranial pressure

(ICP) [161, 162]. However, using anticoagulant on hemorrhagic patients is contro-

versial due to the elevated risk of additional bleeding [163]. A recently completed

large scale clinical trials for small molecule interventions (e.g., tissue plasminogen

activator) have not demonstrated adequate benefit for IVH patients [164]. For most

IVH patients, external ventricular drainage, ventricular reservoir devices, implanted

shunt systems or neuroendoscopy are frequently used to remove hematoma [161,165].

However, maintaining patency of the drainage devices is an enormous challenge as

the ventricular catheters quickly become occluded with hematoma. Reducing the size

of hematoma is a difficult challenge because the viscoelastic fibrin structure can often

stiffen upon increased stress [166–168].

Catheter flushing often takes place in intensive care units but flushing alone often

is ineffective in clearing the hematoma, which necessitates several neurosurgeries to re-

place failed drainage devices before the hemorrhage is finally cleared, which increases

the risk of infection and other complications [169–171]. There are reports of using

high-intensity focused ultrasound as a way to dissolve clots in situ [88, 89, 91, 138],

however, the potential concern of off-target tissue damage in the brain still remains.
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The obstruction issue of drainage devices has been well recognized for more than

half a century. High failure rate of these important medical devices is an enormous

issue in treating IVH, PHH, and other applications where chronic indwelling catheters

are needed. Despite efforts to improve catheters with different biomaterials, anti-

inflammatory and anti-biotic coatings, and architectural designs, many devices with

novel features have been ineffective in clinics. A smart catheter that improves patient

outcomes by resisting obstruction formation has largely been elusive.

Magnetic microactuators have previously shown to be effective in removing molec-

ular and cellular scale biofouling materials on-demand using remote application of

time-varying magnetic fields [99, 105, 172]. In this work, we demonstrate an alterna-

tive approach for rapidly removing localized thrombosis using large-deflection mag-

netic microactuators to maintain patency in implantable drainage devices. Typically,

ventricular catheters have 16 or more inlet pores to ensure the drainage [173]. To fa-

cilitate the evaluation of our approach and to accelerate occlusion-related failures, we

created single-pore ventricular catheters with and without magnetic microactuators.

Using in vitro and in vivo experiments, here we show that these self-clearing catheters

with magnetic microactuators can help reduce the size of obstructive hematoma, im-

prove drainage device reliability, and increase the survival of IVH-induced animals.

4.2 Device design and fabrication

To fabricate the implantable magnetic microactuator for prevention of hematoma

accumulation, we applied conventional surface micromachining techniques as de-

scribed in the Methods section. Fig. 4.1a–f briefly shows the fabrication process.

Fig. 4.1g highlights the two microactuator designs. The dimensions of each design is

listed in Table 4.1.

The first design has a rectangular straight cantilever similar to what we have pre-

viously reported [105,106] but with increased nickel thickness.The new design features

a serpentined flexure with tear-drop shaped ferromagnetic elements (Fig. 4.1g). The
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serpentine flexure consists of 4 windings with 5, 400 µm-long straight segments con-

nected by 4 arcs providing 100 µm gaps in between them. Similar serpentine flexures

have been reported for making ultra low-frequency resonator and piezoelectric energy

harvest devices [174–177]. The serpentine flexure provides a 6 times smaller bend-

ing stiffness and therefore enhanced deflection within limited footprint. In addition

to improved beam design, the larger magnetic element aspect ratio provides addi-

tional magnetic torque compared to the first design despite having nearly identical

volume because of geometric anisotropy (Table 4.1-4.2). A detailed description of the

magnetic element dimensions and the analytical evaluation of magnetic torque is in

the magnetic modeling and characterization section. The microfabricated thin-film

microactuators were then integrated into a custom catheter to create a self-clearing

ventricular catheter (Fig. 4.1h illustrates a typical actuation motion of a microactu-

ator with serpentine flexure (Supplemental Video 1). In the presence of time and

spatially varying magnetic field, the actuator deflects in and out of plane for a more

dynamic hematoma removal (Supplemental Video 2).

4.3 Device characterization

Fig. 4.2-4.5 demonstrates the improvements of the new magnetic microactuator

over convention straight beam design. We characterized the magnetic properties of

the electroplated ferromagnetic elements using a magnetometer to calculate the mag-

netic torque assuming a field-dependent, non-saturated magnetization (Fig. 4.20).

Fig. 4.2a-b show that the magnetic torque varies as a function of applied magnetic

field angle θ and that maximum torque can be achieved at 40◦. We saw as much as

75% improvement when the field angle θ equals to 40◦.

We found that the new flexure design improved amount of displacement. The

numerical analysis showed larger deflection and smaller stress on the serpentine flexure

than the straight beam when a vertical point load was applied to its tip (Fig. 4.3).

Fig. 4.4 shows varying degrees of deflection and corresponding maximum stress on
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Fig. 4.1. Design and fabrication of self-clearing ventricular catheter.
(a) Polyimide spin coat and curing. (b) Evaporation of Cr etching
mask and define photoresist for actuator outline. (c) Wet etch of Cr
and dry etch of polyimide. (d) Removal of of Cr and evaporation of
Au as conduction layer. (e) application of photoresist and Ni elec-
troplating. (f) removal of photoresist and remaining Au layer. (g)
Optical images of fabricated magnetic actuator of straight type (top)
and serpentine type (middle). Scale bars = 325µm. A catheter with
integrated actuator (bottom). Scale bar = 1 mm. (h) A typical mo-
tion of actuation in deionized (DI) water for one actuation period.
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Fig. 4.2. Comparison of magnetic torque (a) Definition of coordi-
nate system and magnetic field angle θ. (b) Calculated magnetic
torque produced on ferromagnetic element of serpentine (red line) and
straight actuator (black line) under 15 mT at different field angles.
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the beam at various load range. We saw that the serpentine flexure provides twice

as much displacement over the straight beam over the same loading condition. The

maximum static stress calculated for serpentine flexure was 36 MPa at 0.1 mN, which

is significantly lower than the tensile stress of this polyimide (131 MPa).

The 0.1 mN loading was chosen from magnetic resonant (MR) safety perspec-

tive [100]. A typical human whole body MR system produces a maximum spatial

gradient between 10-50 mT/m [178–180]. Assuming the ferromagnetic element was

fully saturated, 0.1 mN corresponds to the magnetic force produced from a gradient

of 4 T/m, an order of magnitude greater than the physical constraint. Therefore, it

is unlikely that our device will be damaged due to mechanical deformation in MR

system.
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Fig. 4.3. Finite element analysis of stress distribution on cantilevers’
surfaces under 0.1mN load at tip.

The improvements in magnetic torque and mechanical compliance of the flexure

allow the new microactuator to achieve a greater deflection per given magnetic flux

density (Fig. 4.5). Although the previous microactuators were effective against pro-

tein and cellular biofouling [98, 105], those were not effective against macroscopic

hematoma. The microactuators were unable to maintain their motion when facing

incoming hematoma at catheter inlet pore. Therefore, our primary objective was to
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Fig. 4.4. Deflection and stress calculation. (a) Maximum calculated
deflection under loading condition (0.01 to 0.1mN) for both cantilever
type from finite element simulation. (b) Maximum calculated stress
under various deflection condition for both cantilever type from finite
element simulation.
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increase the magnetic torque and rapid displacement to better remove a more robust

thrombotic mass that plagues drainage devices in IVH patients. Our results show that

we were able to achieve this goal. The new microactuator achieved >80◦ deflection

with 15 mT compared to only 30◦ for the previous design.

Fig. 4.5. Mechanical characterization of static response. Static deflec-
tion angle prediction and measurements for serpentine straight case.
Data are expressed as mean ± standard deviation (n=3).

4.4 In vitro evaluation

To demonstrate blood-clot removal capabilities of self-clearing catheters, we de-

veloped an in vitro circulation system [181]. Although several groups have reported

reduction of hematoma mass using a static condition [88,91], none have demonstrated

an effective clot prevention capability in a continuous flow environment, which is more

physiologically-relevant for our target application. Fig. 4.6 shows the experimental

setup, which mimics a fixed-volume ventricle that circulates sanguineous phosphate

buffered solution (PBS) as a CSF substitute.
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Fig. 4.6. Schematic of the in vitro bench-top blood circulation and
magnetic actuation setup.

Using a peristaltic pump, we pumped diluted porcine blood (50:50 with PBS) out

of the sealed chamber through different catheter designs (Fig. 4.7 top). The blood-

PBS mixture ratio was determined experimental to produce hematoma within 4 h.

As the fluid flowed the circulation system, we applied time-varying magnetic field

on both control and self-clearing catheters (Fig. 4.23). We quantified the impact of

magnetic microactuation by measuring differential pressure between the inlet and the

outlet during the experiment. In general, the self-clearing catheters with integrated

microactuators exhibited a smaller hematoma mass over their inlet pores compared

to the control catheters (Fig. 4.7 bottom).

Fig. 4.8a-b show example differential pressure plot over the course of the exper-

iments. Without any blood in circulation, the differential pressure ranged between

5–15 mmHg, which is comparable to the normal intraventricular pressure of a pa-

tient. However with blood, the control catheters exhibited an exceptionally high

average pressure of 100± 111 mmHg whereas the self-clearing catheters had an aver-

age pressure of 11± 31 mmHg. In all 4 control catheters, we saw that the differential

pressure remained above 40 mmHg at end of circulation period, indicating robust and

sustained obstruction by a hematoma (Fig. 4.8a). Conversely, 7 out of 9 self-clearing

catheters (3 straight and 6 serpentine devices) exhibited relatively lower pressure (<20
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Control Treatment

Control Treatment

Fig. 4.7. In vitro A representative visual comparison of control vs.
actuated self-clearing catheter at the beginning (top) and conclusion
(bottom) of the experiment. Scale bar = 1.5 mm.

mmHg) at the end of the circulation (Fig. 4.8b). Compared to the control catheters,

we also observed less frequent pressure spikes.

To further quantify the self-clearing catheter performance, we used the differential

pressure measurements to calculated the time-to-occlusion (TTO) as defined by the

time to reach a threshold pressure and the total time over the threshold pressure

(TOT). The threshold pressure of 40 mmHg was determined because intracranial

pressure (ICP) exceeding this value is considered life-threatening [182–184]. Fig. 4.9a-

b compares the TTO and TOT for each condition. We postulate that TTO indicates

how fast the drainage system show functional deterioration due to hematoma whereas

TOT indicates resilience of the drainage system to combat blood-clot induced failure.

For control catheters, the average TTO was 27±18 min. For treatment cases, average

TTO were delayed to 101±121 min for straight devices and 211±72 min for serpentine
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b.

a.

Fig. 4.8. In vitro pressure recordings. (a) Differential pressure
(P2−P1) recording of all control catheters (n=4). (b) Differential
pressure (P2−P1) recording of all self-clearing catheters (n=9). The
figure includes data from 3 straight and 6 serpentine devices.

devices. The average TOT for control devices were 161 min. In comparison, average

TOT was 11 min for straight devices and 0.3 min for serpentine devices.

These results demonstrate that our self-clearing catheters can significantly delay

occlusion due to hematoma and improve device reliability. Moreover, these results

confirmed our hypothesis that the larger actuation deflection afforded by the serpen-
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Fig. 4.9. In vitro Pressure analysis results. (a) Comparison of time-to-
occlusion (TTO) to reach 40 mmHg between control catheter and self-
clearing catheters. There were two versions of self-clearing catheters
with either straight vs. serpentine flexure microactuators. One-way
ANOVA with Tukey post-hoc analysis showed overall statistical sig-
nificance between groups. Individual comparison and significance
(p < 0.01) is indicated with *. (b) Comparison of the total time
over the threshold (TOT). One-way ANOVA with Tukey post-hoc
analysis confirmed statistical significance between groups. Individual
comparison and significance (p < 0.01) is indicated with *.
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tine flexure design can improve blood-clot removal capabilities. We suspect that the

rapid translational motion of our microactuators causes localized shear at the catheter

inlet, which exceed the threshold above which hematoma becomes incapable to attach

and accumulate on catheter surface [185–187]. As a future work, we may be able to

use numerical evaluation to estimate the amount of shear stress our microactuators

generate in a circulating flow environment.

4.5 In vivo evaluation

To verify the results from our in vitro experiment, we developed a porcine model of

IVH and evaluated the impact of self-clearing catheters in vivo (Fig. 4.10 and 4.14).

Initially, we performed preliminary studies with 6 pigs to determine the amount of

blood to be injected to cause large hematoma in the ventricle and sustained intracra-

nial hypertension (Fig. 4.15). As a result of these studies, we identified 10 ml of

blood admixed with 140 units of thrombin immediately prior to injection as a reliable

way to cause IVH and subsequent PHH. The blood and thrombin was injected into

the right lateral ventricle in 3 equal aliquots.

A total of 13 pigs were used for the evaluation. The median weight was 28.0±3.9

kg. The baseline ICP was 11±5.2 mmHg. As the blood-thrombin injection was

paused whenever ICP was ≥50 mmHg, injection was performed over 2 to 15 min

(median, 8 min). During injection of the third and final aliquot of blood, ICP would

typically immediately increase above 50 mmHg with each injection of about 1 ml,

then quickly fall (Fig. 4.16). The ventricular catheter was placed 7.5±7.0 min after

the blood-thrombin injection was completed. ICPs reached a high but variable peak,

fell quickly initially, then slowly declined to reach a plateau of around 13±4 mmHg.

The ventricular catheter was connected to a one-way valve and peritoneal catheter to

form a ventriculoperitoneal (VP) shunt.

In all pigs, we used post-operative computed tomography (CT) to confirm accu-

rate intraventricular injection of blood and air. The post-shunting CT also confirmed
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Fig. 4.10. In vivo experimental timeline. The entire study is designed
to lasts 6 weeks. On surgery day, we induced IVH and implanted a
VP shunt. After completion of surgical procedure, CT was performed
to confirm ventricular catheter placement. Magnetic actuation (30
min) was performed for the Treated group immediately afterwards.
At weeks 1, 3, and 5, each surviving animal was subjected to 30 min
of magnetic field and CT scans. All surviving animals were terminated
at week 6 for explantation and necropsy.
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the correct location of the ventricular catheter. In 1 Control and 1 Treatment pig, we

determined that the only inlet pore had passed through the lateral ventricle and into

the brain parenchyma. In both of these pigs, we performed a brief second surgery to

retract the ventricular catheter and the subsequent CT confirmed the correct ventric-

ular placement of the inlet pore.

All 6 Control pigs suffered sudden neurological decline and were found to have

shunts obstructed with hematoma at necropsy.

The sudden neurological decline in the Control pigs occurred 12 h to 5 days post-

operatively (median, 3 days). Four of these animals became moribund within hours of

the first sign of deterioration, and were euthanized. Post-mortem CT revealed marked

enlargement of the ventricles since the post-operative CT, transtentorial with or with-

out cerebellar herniations, and continued correct ventricular location of the ventricular

catheter without shunt displacement (Fig. 4.11a). ). The other 2 pigs showed sudden,

severe but non-fatal neurological decline. The ventricles were markedly larger on the

next CT, and for the rest of the study. All explanted VP shunts in the control group

showed evidence of hematoma inside their lumen (Fig. 4.17). There were a total of 8

hematomas in these 6 VP shunts (3 ventricular catheter, 3 valvular, 2 distal catheter).

On the contrary, only 1 of 7 Treatment pigs suffered a neurological decline and was

found to have a complete shunt obstruction with hematoma at necropsy. The animal

deteriorated 12 h post-operatively, rapidly became moribund and was euthanized.

This was the pig that had had a second surgery to slightly retract the ventricular

catheter, resulting in delayed actuation. Upon post-mortem examination, we found

further enlargement of the ventricles and persistence of intraventricular hematoma.

Hematoma blocking the push connector (inlet for the valve) was found at necropsy

(Fig. 4.18a). The valve itself was filled with sanguineous CSF but was not obstructed.

This was the only fatal hematoma in the 7 VP shunts of the Treatment pigs. The

ventricular catheters, valves, and the distal catheters were otherwise patent without

any evidence of obstructive hematoma (Fig. 4.18b). These observations suggest that
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magnetic actuation may be able to preserve the patency of downstream drainage path

despite being at the proximal end of the ventricular catheter.

Infection One Control pig suffered from non-fatal shunt obstruction with hematoma

at day 4, followed by dehiscence of the wound edges, post-operative infection, and eu-

thanasia. Two Treatment pigs developed fatal infection. One was euthanized at day 7

for peri-operative infection. The other rubbed his head on cage bars post-operatively.

The skin edges dehisced and were surgically re-closed at day 5 and again at day 7.

Twelve days post-operatively his appetite decreased and 13 days post-operatively he

was severely depressed, displayed nystagmus and was euthanized.

In all 3 infected pigs, ventriculomegaly was seen at post-mortem CT, and during

necropsy we observed purulent discharge centered around the valve and surgical site,

and tracked down the ventricular catheter into the brain. In the two Treatment pigs,

the purulent discharge obstructed the inlet pore. In the Control pig, there was also

hematoma obstructing the lumen of the ventricular catheter. After two infections in

the first seven surgeries, we administered two peri-operative doses of florfenicol to

each animal and added a subcutaneous muscle suture layer.

Ventricular volume The post-operative CT in our animals showed significantly

larger ventricles than prior to surgery in both groups (p = 0.002, Fig. 4.11a). By

week 1, all air had been resorbed. In the Treatment group, all hematoma had been

resorbed and ventricular size had non-significantly decreased. In the Control group,

there had been further enlargement of the ventricles and in some animals hematoma

persisted.

Figure 4.11b shows the change in ventricular volume until 1 week post-implantation.

Two-way ANOVA showed that statistical significance for both the device type and

time. Specifically, the ventricular volume in the Control animals was significantly

larger than in the Treatment group (p < 0.001). Moreover, the ventricular volume

significantly increased before and after IVH and after a week of recovery (p < 0.001).
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Fig. 4.11. In vivo evaluation results. (a) Comparison of CT scans
over the course of implantation for animals with traditional catheters
(Control) and smart self-clearing catheters (Treated). Note the dif-
ference in ventricular volume before and after the surgery. There are
signs of air pockets following the surgery (Post Op). After a week,
the air pockets are resorbed but there is a significant evidence of
ventriculomegaly and hematoma in Control animals. The CT scan
of the Control animal show significantly larger ventricle filled with
hematoma compared to the Treatment animal. The photograph at
necropsy also show the enlarged ventricles. (b) Box plot of ventricle
volume until week 1. The extended ventricle volume plot is available
in SI Fig. 10. ANOVA indicated significant difference in ventricle
volume when treated with smart self-clearing catheters. Control an-
imals with traditional catheters had significant increase in ventricle
volume by W1 (p < 0.001). (c) Kaplan-Meier survival plot with cor-
responding risk table. By week 1, the traditional shunt systems in
all Control animals had failed where as 80% of the shunt systems
with self-clearing catheters remained obstruction-free and neurologi-
cally sound with biweekly actuation. Fig. 4.13 shows the survival plot
when infections are counted as failures.
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Pairwise comparison showed that the by week 1, there was a significant difference in

ventricular volume between the Control and the Treatment group (p < 0.001).

The data from W3 and W5 was omitted for statistical comparison because all

Control shunts failed after week 1. The change in ventricle volume over the entire

implantation period are shown in Fig. 4.12. Although the Treatment animals survived

longer with our self-clearing catheters, the ventricle volume continued to increase,

which may highlights the limitation of our study. This trend suggests that the the self-

clearing catheters are prolonging the functional lifetime but we may need to increase

the actuation duty cycle to optimize treatment.

Kaplan-Meier survival analysis We performed Kaplan-Meier analysis to evalu-

ate the survivability of the shunt system due to hematoma, censoring death of pigs

due to any other reason including anesthesia complication and infection. (Fig. 4.11c).

The median shunt survival in the Treatment group was 42 days and the median shunt

survival in the Control group was 3 days. This difference was statistically significant

(p = 0.0047), which further supports our hypothesis that the self-clearing ventricular

catheters are more reliable and capable than existing drainage devices. We repeated

Kaplan-Meier analysis considering infection as a shunt failure, but the difference still

remained statistically significant and the p-value unchanged (p = 0.0047, Fig. 4.13),

which further supports our hypothesis that the self-clearing catheters may improve

the outcomes of IVH and PHH patients.

4.6 Discussion

It is important to note that the prototype drainage devices we tested are at much

higher risk of failure than a standard VP shunt. Conventional ventricular catheters

typically contain 16 or more inlet pores (3 to 4 rows of 4 to 8 inlet pores) [129]. The

catheter we used had a single inlet pore to accelerate occlusion. As such, an occlusion

of this lone inlet pore would have led to a complete shunt failure, a circumstance

very different to a conventional VP shunt. The single inlet pore also increased the
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Fig. 4.12. Box plot of ventricle volume for the entire duration of
chronic experiment. Note that the ventricle volume continued to in-
crease in Treatment group, which may suggest a more frequent actu-
ation may be needed over an extended period.

chance of inadequate surgical placement: the rows of inlet pores in conventional

catheters maximize the likelihood that multiple inlet pores will be located in the

lateral ventricle. In one Treatment pig, the post-operative CT indicated that the

single inlet pore was too deep (passing through the ventricle and into brain tissue on

the other side) and led to additional surgery and most importantly delayed actuation.

All other Treatment shunts were first actuated soon after placement, and subsequently

remained free of hematoma obstruction throughout the 6-week study. This Treatment

shunt was not actuated until after a second surgery to retract the ventricular catheter,

and was fatally obstructed in less than 24 h. Upon explantation, we found that the

hematoma had passed the microactuator within the tip of the ventricular catheter

and was at the junction of the ventricular catheter and valve, suggesting the first

actuation may not have occurred until after overwhelming hemorrhage had already

passed the actuator.
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There was additional risk of failure as the catheter was placed directly into the

ventricular hematoma, through the tract used for injection of blood, being inserted

immediately after the injection was completed. The blood was mixed with the co-

agulant agent thrombin. A mixture of CSF, hemorrhage, and thrombin therefore

immediately entered the shunt system and began coagulating. Additionally, we used

low opening pressures valves (2.2 mmHg). The typically used valve in VP shunt

surgery has a medium opening pressure (6–7 mmHg), within the range for normal

ventricular pressure of 5–15 mmHg. The low opening pressure would have increased

the passage of hemorrhagic CSF through the VP shunt, as the coagulating fluid would

have taken the path of least resistance rather than negotiate the ventricular system.

Hemorrhage present within the ventricular system (e.g. foramen of Munro) would

have been able to form a permanent thrombus, rather than being dislodged by CSF

flow.
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Our model recreated the forms of hydrocephalus most prone to failure in human

patients. Obstructive hydrocephalus, as in our model, is at the highest risk and suffers

shunt failure significantly more commonly than communicative or normal-pressure hy-

drocephalus [188]. Cerebral hemorrhage and post-traumatic hydrocephalus are also

at significantly higher risk of shunt failure than idiopathic hydrocephalus [188]. Ad-

ditionally, the injection of blood provides a substrate for bacterial growth. Neonates

with PHH suffer from shunt failure due to infection in as many as 71% of cases [189].

Although our microactuators did not prevent failure due to infection, the use of

antibiotic-impregnated catheters is associated with significantly less post-operative in-

fections [189]. A combination of microactuators and antibiotic-impregnated catheters

may be used to potentially overcome the most common modes of shunt failures.

4.7 Materials and Methods

4.7.1 Device fabrication

The microactuators were fabricated in a standard cleanroom environment. Start-

ing from a 100 mm p-type single-side polished silicon wafer (Silicon Quest, San Jose,

CA), 50 nm of silicon dioxide was deposited by plasma enhanced chemical vapor de-

position (Axic, Milpitas, CA) to function as a release layer. Next, a layer of polyimide

PI-2525, HD Microsystem, Parlin, NJ) was spun coated at 1750 rpm and cured in

nitrogen oven up to 350 ◦C to create a final thickness of 11 µm. A 50-nm-thick Cr

was evaporated (Airco E-Beam Evaporator, Livermore, CA) as the etch mask for the

polymer layer. Cr mask was photo-patterned using AZ9260 (Microchemicals, Ger-

many) and etched using a Cr etchant (Cr-16, KMG, Fort Worth, TX). The polyimide

structural layer was etched using O2 plasma at 20 sccm, 50 mTorr and 150 W RF

power (Advanced Oxide Etcher, Surface Technology System, Newport, UK). Cr mask

was then removed using Cr-16.

Next, 100 nm of Au was sputtered (PVD, Wilmington, MA) globally as a conduc-

tion layer and 200-µm-thick electroplating mold was photo-patterned using a negative
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photoresist (BPN-65A, Rohm Haas, Marlborough, MA). The nickel ferromagnetic el-

ements were in 2L plating solution maintained at 60 ◦C with 40 mA direct current

for 4 h. The plating solution contained 1 M nickel sulfamate, 0.4 M boric acid and

10 g sodium dodecyl sulfate. The electroplated elements varied from 80–130 µm in

thickness depending on the actuator geometry. Afterwards, the exposed Au conduc-

tion layer was stripped using a wet etchant (GE8148, Transene, Danvers, MA). The

microactuators were released from the wafer using a buffered oxide etchant (Fisher

Scientific, Waltham, MA). To create the self-clearing catheter, the released sample

were rolled and inserted into a catheter lumen (Model G0664, Cook Medical) as

previously described [105].

4.7.2 Finite element analysis

COMSOL Multiphysics (V5.0, COMSOL, Inc., Burlington, MA, USA) was used

for the finite element analysis of device deflection and stress distribution. Each device

design was configured to have the material property of polyimide with a density of

1300 kg/m3, Young’s modulus of 2.45 GPa and poison ratio of 0.3. Using the solid

mechanics module, each flexure was fixed on one end and a vertical point load ranging

from 1-100 µN were applied to the free end to evaluate the static deflection and

the stress distribution. Lagrange strain was used to account for the large flexure

deformation.

4.7.3 Static response

The microactuators were positioned along the long axis of a bespoke solenoid

electromagnet (cylindrical permalloy core, 1-in-diameter and 6-in-tall with 300 turns)

and down to the edge of a glass slide. The distance between the sample and the

electromagnet surface was kept at 7 mm to minimize magnetic field spacial gradient

(<0.1 T/m) while maintaining adequate amount of parallel magnetic field strength. A

DC power source (PWS 2326, Tektronix, Beaverton, Oregon) was used to supplied the



88

current to the electromagnet. The amount of magnetic flux density at the position of

actuators were measured using gaussmeter (8010, F.W. Bell, Milwaukie, OR). During

actuation, the electromagnet along with actuator positioning glass slides were placed

horizontally and the amount of deflection angle was optically measured using a digital

SLR camera (Canon 50D, Huntington, NY). The magnetic flux density was varied

from 0–22 mT for straight beamed device and from 0 mT to 17 mT for serpentine

device.

4.7.4 In vitro evaluation

A 50 ml glass bottle (Duran, Fisher Scientific, Waltham, MA) was used mimic the

ventricular chamber. The bottle was sealed using a screw cap with two through holes

allowing placement of the inlet and outlet tubing(L/S 14, Masterflex, Cole-Parmer).

A piece of central venous catheter (Model G0664, Cook Medical) was attached to

the outlet inside the glass bottle chamber. The through holes on the screw cap was

sealed using a silicone adhesive to fix the tubings in place. A variable speed peristaltic

pump (7523-50, Masterflex, Cole Parmer) was used to drive fluid into the chamber

at 1.4 ml/min, about twice the rate of average cerebral spinal fluid production in

humans [112, 149, 190]. Two pressure sensors (PRESS-S-00, PendoTech, Princeton,

NJ) were connected to the inlet and the outlet tubes.

A mixture of porcine blood and 1X PBS (Fisher Scientific, Waltham, MA) at 50:50

vol was used to mimic hemorrhagic cerebrospinal fluid. A fresh blood euthanized pigs

was mixed with 10 USP units of heparin/ml and stored in a refrigerator at 4 ◦C for

1 week prior to the experiment. At the time of testing, protamine sulfate (Fisher

Scientific, Waltham, MA) was added (10 mg per 100 USP heparin) to reverse the

effects of anti-coagulant and to facilitate blood clot formation [191]. Since conven-

tional catheter occlusion is unpredictable with wide range of time to failure [5, 192],

a layer of fibrin matrix gel was applied on the catheter surface surrounding the inlet

pore to further promote blood clots attachment. The fibrin gel was made from a mix-
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ture of fibrinogen (38 mg/ml) and thrombin (37 mg/ml) (Thermo Fisher Scientific,

Waltham, MA) [193–195].

Each device was subjected to 4 h of circulation in the circulating setup during

which the differential pressure was recorded continuously (12 samples/min). For

Control group, single-pore catheters without any microactuators were tested (n = 4).

For Treatment groups, self-clearing catheters with either straight (n = 3) and serpen-

tine flexure designs were tested (n = 6). During each experiment, the time-varying

magnetic field was applied using a permanent magnet (McMaster-Carr, Elmhurst,

IL) affixed to a DC motor from 20 mm away spinning at 8 Hz. The magnetic perfor-

mance of this motorized setup is shown in Fig. 4.23. Using the differential pressure

recording, the time to reach a threshold pressure (i.e., time to occlusion, TTO) and

the time over a threshold pressure (TOT, 40 mmHg) was calculated. The TTO and

TOT for different conditions were compared using one-way ANOVA with Tukey’s

HSD post-hoc analyses with p < 0.05 as statistical significance.

Ventricular

catheter

Anterior

To valve

Posterior

Distal 

catheter

Fig. 4.14. Sterile surgical setup for the intraventricular hemorrhage
and the implantation of a shunt system in a porcine model. Inset:
A zoomed image of the surgical site showing the ventricular catheter
prior to being connected to a pressure valve.
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4.7.5 In vivo evaluation

For the in vivo evaluation, 13 cross-bred domestic swines weighing 25.0–31.6 kg

were used. Each pig was pre-medicated with 0.2 mg/kg midazolam (Hikma Phar-

maceuticals USA Inc, Eatontown, NJ) and 0.03 mg/kg dexmedetomidine (Zoetis US,

Parsippany, NJ, USA) and induced with isoflurane delivered by face mask until tra-

cheal intubation was possible. Anesthesia was continued with isoflurane delivered in

100% oxygen. Mechanical ventilation, pulse oximetry, capnography, indirect blood

pressure measurement, temperature measurement, left jugular central line placement

and intravenous fluid therapy (10 mL/kg/hr) were performed. Analgesia was provided

by pre-operative transdermal application of 2.7 mg/kg fentanyl solution (4 day ex-

pected activity) (Elanco Geenfield, IN). Intramuscular injection of 5 mg/Kg ceftiofur

(7 day expected activity) was used for antibiotic treatment.

To induce intraventricular hemorrhage, a right side subtemporal craniectomy was

performed using standard aseptic technique. To measure intraventricular ICP, a 1.25-

inch 18-gauge intravenous cannula was directed through intact dura mater into the

right lateral ventricle. Correct ventricular location was confirmed by drainage of CSF.

Non-compliant tubing (pre-filled with saline) was connected tightly and attached to

a transducer and monitor. To inject the blood-thrombin mixture, a second 1.25-inch

18-gauge intravenous cannula was then placed into the lateral ventricle, more ros-

trally. Drainage of CSF again confirmed accurate placement. A total of 10 ml of

autologous blood and 140 units thrombin was injected through this cannula as deter-

mined using preliminary studies. Blood was drawn from the jugular catheter using

sterile technique in 3 equal aliquots. Each aliquot was briefly agitated with thrombin

in a syringe and then injected. Each time ICP rose above 50 mmHg, injection was

paused until ICP was <50 mmHg. This second cannula was then withdrawn.

The puncture hole in the dura mater was slightly enlarged with a #11 scalpel

blade, and the ventricular catheter was inserted through the tract that had been

used for blood injection. In 6 pigs, a Control VP shunt was placed. The ventricular
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Site
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(c) (d)

Fig. 4.15. Induction of intraventricular hemorrhage. The (a) pre- and
(b) post-operative CT scans of the animal that shows grossly enlarged
ventricle. Note the visible tract into the right lateral ventricle that
was used to inject autologous blood. (c) Post-mortem sections of
cerebral cortex showing enlarged right ventricle. Note the deviated
septum pellucidum and the presence of large hematoma in the right
ventricle. (d) Bilateral enlargement in the body and the temporal
horn of lateral ventricles. Note the hemorrhage present in the left
ventricle and in the cerebral aqueduct.

catheter was custom-made for this study using a modified central venous access device

(Cook Model G0664, Bloomington, IN), with only one single inlet pore. In 7 pigs, a

Treatment shunt was placed. The custom-made ventricular catheter had a single inlet

pore and a microactuator placed at the inlet pore [105]. Correct ventricular location
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was confirmed by rapid drainage of sanguineous CSF. ICP recording was continued

until 30 min after placement of the ventricular catheter.

The ventricular catheter was anchored to the skull by a pre-placed polydioxanone

suture (Ethicon, Somerville, NJ) through the periosteum and loose fascia. It was

connected to a pre-placed low-pressure valve (Integra Lifesciences, Plainsboro, NJ)

and distal catheter which had been filled with saline, creating a VP shunt. The valve

was anchored to the periosteal tissue of the posterior skull by a suture that encircled

the connection of the ventricular catheter to the valve. The valve was pumped, and

functionality of the VP shunt was confirmed by sanguineous CSF entering the valve

and saline escaping from the distal catheter. The distal catheter was placed in the

peritoneal cavity and the paracostal incision closed. The fascia of the temporalis

muscle was closed with a simple continuous polydioxanone suture.. The skin was

closed with simple continuous subcuticular and intradermal poliglecaprone sutures

(Ethicon), followed by the application of skin glue.

Fig. 4.16. Measurement of intracranial pressure (ICP) during injection
of autologous blood. To induce intraventricular hemorrhage, 10 ml of
autologous blood was injected. Time = 0 indicates the point when the
entire volume was injected. Note that the ICP remained abnormally
high regardless of which catheter type was used.
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Computed tomography was performed prior to and immediately following surgery

(day 0). In the Treatment group, actuation was performed immediately after post-

operative CT for 30 minutes using a bespoke electromagnet (Fig. 4.27). Pigs were then

recovered from anesthesia. Repeat CT was performed at weeks 1, 3, and 5. Pigs were

again premedicated with 0.2 mg/kg midazolam and 0.03 mg/kg dexmedetomidine,

then had oxygen and isoflurane delivered by face mask throughout the CT. In the

Treatment group, repeat actuation was performed immediately after each CT. The

first CT was 5 to 7 days post-operatively, so that the first actuation was performed

at day 5 or 6 in the Treatment group.

a b

hematoma
hematoma

Disassembled

proximal catheter

Fig. 4.17. Photographs of explanted failed control catheters. (a) The
explanted control ventricular catheter showed complete blockage in
its inlet poor with hematoma. When pulled out of the brain, a long
track of blood clot was pulled out from the catheter. (b) When the
shunt system was dissembled, a fresh hematoma was found, which
suggests that this device was completely occluded.

The size of ventricles were measured using a DICOM viewer (Osirix Lite 10.0.1,

Pixmeo SARL Bernex, Switzerland). The ventricle (i.e., region of interest) from each

CT scan was outlined manually by three measurers. The volume of outlined region

of interest was calculated by the DICOM viewer and compared (Fig. 4.19). One-

way ANOVA with Tukey’s HSD post-hoc analysis showed no statistical significance

between the three measurers (p = 0.095). To compare the difference in ventricle
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a b

Fig. 4.18. Explanted pressure valves for treated groups. (a) Pho-
tograph of the explanted pressure valve from the Treatment animal
that perished on the day of surgery. We found that the push connec-
tor portion was blocked with hematoma. This animal had a revision
surgery due to initial mis-position of the catheter into the cortex. (b)
Photograph of an explanted pressure valve from a Treatment animal
that survived the entire 6 week duration. We saw that the valve was
patent without any evidence of large hematoma.

volumes in Treatment vs. Control group, two-way ANOVA was performed to see the

effects of time and the type of catheters. A post-hoc pairwise comparisons were made

using Tukey’s HSD test.

Kaplan-Meier analysis of shunt survival was used to compare Treatment and Con-

trol groups. Obstruction of the shunt by hematoma was considered an event. Both

for fatal shunt obstructions and for non-fatal shunt obstructions causing neurological

decline, increasing size of the lateral ventricles on CT and confirmation of shunt ob-

struction by hematoma at necropsy when pigs were sacrificed at day 42. Death of the

pig due to any other reasons (e.g., anesthesia complication, infection) was censored.
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Fig. 4.19. Comparison of ventricle volume measured by three sepa-
rate measurer. One-way ANOVA indicated no significant differences
between the three individuals (p = 0.095)

Table 4.1.
Design dimensions

Type Straight Serpentine

Beam length [µm] 600 3000

Beam width [µm] 75 55

Beam thickness [µm] 11 11

Tip volume [×10−3mm3] 46 40

Ni thickness [µm] 130 80

Ni long axis [µm] 775 905

Aspect ratio 5.9 11.3

4.8 Magnetic modeling and characterization

4.8.1 Analytical modeling of static response

Magnetic properties characterization After magnetic actuators were fabricated,

the magnetic properties of electroplated nickel were evaluated using a SQUID magneto
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Table 4.2.
Dimensions as measured (Data expressed as mean ± s.d., n=3)

Type Straight Serpentine

Beam length [µm] 595±1.5 2676±18

Beam width [µm] 74.7±0.4 56.8±1.1

Beam thickness [µm] 11.25±0.08 11.16±0.06

Tip volume [×10−3mm3] 46±2.4 43±1.6

Aspect ratio 5.9±0.29 10.6±0.38

meter (MPMS-3, Quantum Design, Inc., San Diego, CA, USA). Saturation magneti-

zation, coercivity, remanence, susceptibility and overall hysteresis of the electroplated

nickel elements were used to predict magnetic torque produced and to provide guid-

ance for optimizing the applied magnetic field. A sample of serpentine flexure device

was cut so that only nickel structure and cantilever remained. The long axis of the

sample was aligned to the moving direction of the test stage and the external magnetic

field direction. For measuring saturation, the sample was tested from -1 to 1 T. High

field saturation loop indicated that the electroplated nickel saturates at 200 KA/m

with saturation magnetization of 0.75 T (Fig. 4.20a). A low field hysteresis loop

was also captured from -30 to 30 kA/m to get a better resolution on critical points

across axes. Minimum hysteresis was observed and Fig. 4.20b shows the coercivity of

2 KA/m and remanence of 0.037 T. The magnetization varied almost linearly with

respect to the field strength at low field range. The magnetic susceptibility (χ) was

11.3.

The AC susceptibility was tested to characterize how well the magnet responds

with the external sinusoidal excitation. At 0 T DC bias, the sample was exposed to

1 mT sinusoidal magnetic filed. The driving frequency varied from 7 to 550 Hz and

the corresponding AC susceptibility (χ′, χ′′ [emu/Oe]) was measured. The magnitude

(M/H, unit-less) and the phase angle (degrees) were then converted. The results in-
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dicated less than 2% variation in susceptibility and less than 0.7◦ phase lag across

the tested frequency range. This suggests that the direction of magnetization turns

almost instantaneously with respect to the external sinusoidal signal while the mag-

nitude of magnetization remains constant within our actuation frequency (<100 Hz).

Fig. 4.20. Magnetic characterization of electroplated nickel. (a) M-H
loop within high field range. (b) M-H loop within low field range. (c)
Magnitude of AC magnetic susceptibility from 7 to 550 Hz. d. Phase
of AC magnetic susceptibility from 7 to 550 Hz.
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Magnetostatic torque In the presence of uniform magnetic field, magnetic mate-

rial experiences magnetic torque given by ~τm = µ0v ~M× ~H where ~M is magnetization,

µ0 is magnetic permeability of free space, v is volume and ~H is external magnetic

field. For hard magnetic material (i.e., permanent magnet), the magnetic torque can

easily be estimated by applying the saturation magnetization value if the variation

of external field is within coercivity. Ferromagnetic material such as electroplated

nickel, however, is magnetically soft. Both the direction and the magnitude of mag-

netization vary as a function of the applied magnetic field amplitude and the magnetic

anisotropy. An improved model based on Judy [102] and Abbott [196] is therefore de-

veloped to better describe the magnetic torque and the motion of magnetic actuator

with polyimide flexure. If a uniform magnetic field Ha is applied along one axis, the

internal magnetic field H experiences by nickel is given by H = Ha −NdM . Demag-

netization factor Nd describes how strong the internal field is reduced along the given

axis due to the geometric anisotropy [197]. The demagnetization factors have been

solved analytically for ellipsoid geometry and the values for other geometries have

been extensively studied [198–201]. Here, the demagnetization factor of an oblate

spheroid was used. The value of Nd depends on the aspect ratio between lengths of

long axis and thickness (Table 4.2) With a higher aspect ratio, we can expect the Nd

become larger for the specified axis. Introducing the magnetic susceptibility χ = M
H

and acknowledging the fact that M reaches to magnetic remanence Mr when Ha is

removed, the magnetization has the form of:

M =
χ

1 + χNd

Ha +Mr. (4.1)

In 3 dimensional cartesian coordinates, magnetic torque is therefore described by:

~τm = µ0v


χ

1+χNx
Hx +Mr

χ
1+χNy

Hy +Mr

χ
1+χNz

Hz +Mr

×

Hx

Hy

Hz

 (4.2)

During magnetic actuation the applied field was positioned in a way that there

was no horizontal component perpendicular to the length of cantilever (Fig. 4.2, Fig.
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4.6). Only x and z components of magnetization remain and the angle between the

net magnetic field H and the shortest axis of the magnet is θ. Assuming the sample

is previously magnetized along the long axis x and Mr remains only along x direction,

then the magnetic torque can be calculated by:

~τm = µ0v

∣∣∣∣∣∣∣∣∣∣∣∣∣∣∣

âx ây âz

χHsinθ
1+Nxχ

+Mr 0 χHcosθ
1+Nzχ

Hsinθ 0 Hcosθ

∣∣∣∣∣∣∣∣∣∣∣∣∣∣∣
(4.3)

~τm = µ0v(−χH
2sinθcosθ

1 +Nxχ
−MrHcosθ+

χH2sinθcosθ

1 +Nzχ
)ây

(4.4)

and the rotation produced by mechanical torque is along y axis as shown in equa-

tion 4.4. Notable differences between this model and model from [102, 196] are the

inclusion of observed magnetic remanence and the finite susceptibility. This mathe-

matical model suits our application for the case when the device operates at linear

region in the hysteresis loop.

Static deflection angle of polyimide-based magnetic actuator can be calculated by

balancing the magnetic torque from the ferromagnetic element and mechanical torque

from the flexure [99]. Considering a magnetic field fixed in z direction and structural

plate is only rotating along x-z plane, the relation τk = kθ was previously used for

predicting amount of mechanical torque required to produced transverse bending

angle θ of a straight beam with rectangular cross section [105, 117]. A modified

relation is used to account for an initial angle θi produced from residual stress of a

polyimide film from thermal curing [202].

τk = k(θ + θi); k =
Ewt3

12L
(4.5)
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E is modulous of elasticity of polyimide, w,L, t are cantilever width, length and

thickness respectively. By equating equation 4.4 and equation 4.5, static deflection

angle θ as a function of magnetic field strength H in z direction is calculated. Fig.

4.21 shows improvement of predicted static deflection from the new torque model.

Fig. 4.21. Measured static deflection angle in comparison to predic-
tions from saturation estimation, model from Abbot et al. and this
work.

4.8.2 Dynamic response of magnetic actuator

AC mechanical response of magnetic actuator with serpentine cantilever was char-

acterized to determine the optimum actuation frequency. The device was fixed in a

transparent evaporation dish filled with DI water. A bespoke electromagnet was

placed above the device for supplying time-varying sinusoidal magnetic field. A high

speed camera (Chronos 1.4, Kron Technologies, Inc. Barnaby, BC, Canada) was

positioned horizontally to image and record vertical deflection of the ferromagnetic

element (Fig. 4.22a). Actuation frequencies from 3.5 to 60 Hz were applied and for

each frequency the magnitude of vertical H field was adjusted at 15 mT, the amount
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Fig. 4.22. (a) Schematic illustration of dynamic response of the ser-
pentine actuator in DI water. (b) Vertical deflection range as a func-
tion of frequency. (c) Average speed at outer edge of the actuator as
a function of frequency.

determined from the DC analysis. High speed footages were analyzed for each ac-

tuation frequency frame by frame. Position of the outer edge of the ferromagnetic

element on the actuator was measured. The vertical deflection range was calculated

by subtracting a highest and a lowest point ever reached by the actuator. The results

indicate a response similar to behavior of a low pass filter. Deflection range main-

tained at around 1.7 mm until 15 Hz and then quickly reduced to 60 µm at 60 Hz due

to liquid damping (Fig. 4.22b-c). The average speed during one actuation cycle was

also calculated for each frequency. A peak speed of 4.5 cm/s was produced between

10 to 15 Hz. In order to produce large deflection and maintain high speed at the

same time, an actuation frequency of 15 Hz or smaller should be considered.
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Fig. 4.23. Magnetic field characterization for in vitro experiment.
(a) Net magnet flux density actuator experienced at each angle to
horizontal plane. (b) Magnetic flux density actuator experienced in 3
axis from one period of revolution.

4.8.3 Magnetic flux density during the in vitro experiment

A spacial and time varying magnetic field generation setup was made to deliver

maximum torque for each actuation cycle. Typically, a multi-coil system is used to

provide such H pattern in AC. However, since our frequency of interest is under 100

Hz, a spinning neodymium magnet was utilized for its simplicity. A one-inch wide,

half-inch-thick circular neodymium disk magnet was housed inside a 3D printed fix-

ture connected to a driving shaft driven with a DC motor (Fig. 4.6). The neodymium

magnet was oriented in a way that H field was minimum in the y-axis. The direc-

tion of H changed in a circular fashion in x-z plane each cycle. Each actuator was

placed approximately 3.5 cm below and 2 cm away from the Nd magnet such that

the maximum magnetic flux density was 14 mT (Fig. 4.23). The effective frequency

of 8 Hz (240 rpm from motor) was selected for maximum deflection range and motor

stability.
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4.8.4 Electromagnet for the in vivo experiment

In order to deliver required amount of magnetic field to actuators at ventricle of

animals, an electromagnet was designed and fabricated. Typically, a super conductor

is used for generating magnetic field for penetrating human body because magnetic

field attenuates as distance squared. However, adopting a superconductor with helium

cooling is outside the budget and scope of the study. Therefore, multiple windings

of copper wires was utilized to pack current NI in unit volume for increased field

generation. A multilayer air core solenoid layout was chosen because of its ability

to generate relatively uniform field strength within the cylinder. Fig. 4.24 shows a

schematic of such electromagnet in relative to animal head. The first orientation has

the head inside the coil so that maximum strength is experienced in parallel direction.

The second orientation has the coil suspended on top of the head for a reduced field

delivery at vertical orientation. The solenoid needs to have radius larger than 10 cm

in order to fit a head inside and length of solenoid should be less than 40 cm for easy

handling at surgery prep room environment. A Matlab script was written to optimize

the coil dimension for maximizing field strength while reducing power consumption

and weight as much as possible. The final coil dimension is concluded in Table 4.3.

For the vertical orientation, a minimum of 12 KA/m (15 mT) must be achieved at

5 cm away from the bottom of the coil for actuation. To better predict the field

distribution outside the solenoid the following calculation was made.

Analytical expression for field at any location from a single current loop is given

by [203]:

Bx =
Cxz

2α2βρ2
[(a2 + r2)E(k2)− α2K(k2)] (4.6)

By =
y

x
Bx (4.7)

Bz =
C

2α2β
[(a2 − r2)E(k2) + α2K(k2)] (4.8)
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Fig. 4.24. An illustration showing two possible orientation of solenoid
coil in relative to animal head.

Bx, By and Bz are magnetic flux density components at location (x,y,z) in a

cartesian coordinate originated at center of the current loop with supplied current I.

The circular loop has radius a. The following substitutions are used: ρ2 = x2+y2, r2 =

x2 + y2 + z2, α2 = a2 + r2− 2aρ, β2 = a2 + r2 + 2aρ, k2 = 1−α2/β2, C = µ0I
π

and µ0 is

magnetic permeability of free space. K,E are complete elliptical integral of the first

and second kind respectively. A multilayer air core solenoid coil can be approximated

as multiples of single loop stacked together. The field distribution can be solved

analytically given size, and spacing the of each turn. A Matlab script was written to

calculate the field for better visualization of the distribution.

The point of interest is at the center of solenoid axis because the field is more

uniformly distributed compare to edges. For the in vivo study, we determined to use

the vertical orientation with the coil suspended on top of head because of catheter

placement orientation (parallel) and for ease of adjustment. The coil was placed as

near to heads as possible as indicated in Fig. 4.27. Magnetic field calculation shows

17 KA/m (21 mT) can be produced at 5 cm away from bottom of coil along center

axis (Fig. 4.26, Fig. 4.25), which meets actuation requirement.
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Table 4.3.
Coil dimension for in vivo experiment

Parameter Values

Conductor thickness AWG 12

Inner diameter of solenoid 10 cm

Outer diameter of solenoid 14 cm

Height of solenoid 11 cm

Number of turns 518

Number of layers 14

Current 17 A

Weight 5 Kg
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Fig. 4.25. Magnetic field line distribution of the electromagnetic coil at I = 17 A.
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a b

Fig. 4.26. (a) Magnetic field strength distribution along the z-axis.
(b) Magnetic field strength distribution along x axis at midway from
the top and bottom and midway to a side.
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Fig. 4.27. Electromagnet in use for actuation.
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5. CONCLUSION AND FUTURE WORK

5.1 Summary

This work presents a clinically translatable engineering approach to prolong hy-

drocephalus shunt life time in patient. Shunting is the most common hydrocephalus

treatment method. A chronically implanted catheter system is typically used to reg-

ulate excessive CSF accumulation in ventricle of brain. Biofouling related cellular

buildup at inlet holes of ventricular catheter frequently cause CSF drainage failure.

Up to 40% of patients experience shunt failure and undergo additional revision surg-

eries. Hydrocephalus patients and neurosurgeons bear enormous burden because of

the failure. To solve the problem, magnetic microactuators were previously proposed

to actively remove occlusion at inlet pore wirelessly by mechanical torque and shear

stress generation. Using polyimide substrate, a flexible magnetic microactuator was

successfully designed and fabricated. A complete device integration at the inlet hole

of ventricular catheter was achieved for the first time. An original ’smart shunt’ pro-

totype that resists occlusion without surgical intervention was presented. A series

of in vitro and in vivo evaluation was conducted using the smart shunt. We made

several engineering advancements to incorporate new functionalities and to improve

actuation performance. Encouraging results from bench-top and animal studies sug-

gest that the smart shunt with integrated magnetic actuators may be an answer to

the longstanding and unresolved shunt failure issue.

Fabrication and integration A novel fabrication sequence was developed using

polyimide substrate. The device features a single cantilever with a circular tip mass

structure on which ferromagnetic element nickel was electroplated. The actuators

remained in good physical appearance without structural damage following a gentle
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release process. The flexible nature of polymer substrate allowed a precise fit into

the curvature of inner lumen of a catheter. The magnetic actuator was securely

attached under catheter inlet pore and subject to 5 ml/s of liquid flushing without

positional shift. The polyimide-based thin film actuator exhibits over 45 degrees

of angular deflection in static magnetic field for large shear stress production. The

range of motion followed theoretical estimation. A primary resonant frequency around

450 Hz and 100 Hz was determined in air and water environment respectively. An

improved theoretical estimation for resonant frequency was developed by accounting

for distributed mass at structural plate. The precise mathematical model will be

beneficial to future parametric design of magnetic actuators.

Mechanical fatigue The ultimate goal is to prolong lifetime of hydrocephalus

shunt, therefore it is necessary to ensure that mechanical performance of polymer

based magnetic microactuators does not deteriorate after extended use. The device

operates dynamically in flexural direction from time varying magnetic field. Thus,

mechanical fatigue behavior was evaluated. A group of device was continuously actu-

ated at resonant frequency for 300 million cycles in saline solution kept at 37 ◦C. 300

millions cycles is equivalent to 30 minutes of actuation every week for 30 years. The

resonant frequencies were measured and compared periodically during the experiment

to determine cantilever stiffness variations. At end of test no fractures were found.

The results indicate minimum resonant frequency shift (<5%) which suggests good

mechanical reliability.

Protein removal Serum protein is the first kind of biofilm that attach to implant

surface and initiate a series of biofouling cascade [28]. We hypothesize that if serum

protein can be periodically removed off an implant surface, the fouling process may be

delayed. Therefore, we examined protein clearance capability. A group of devices was

coated with bovine serum albumin FITC (BSA-FITC), a type of fluorescent protein.

The fluorescent intensity was quantified to estimate amount of protein present on

actuator. The devices were subject to magnetic actuation after coating. Fluorescent
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intensity was imaged before and after actuation treatment. We demonstrated signif-

icant (90%) fluorescent intensity decrease on actuator surface, suggesting excellent

serum protein removal efficacy.

Piezoresistive multi-functional sensing Once smart shunt is implanted inside

ventricle of brain, it is challenging to examine the actuator behavior optically. In order

to monitor the actuator motion electrically, an additional layer of resistive sensing

material was integrated to the cantilever to detect the strain cantilever produced

from actuation. A thin layer of gold (50 nm) at base of cantilever was deposited

followed by additional polyimide encapsulation. Resistance varied as a function of

deflection magnitude and direction. Sensitivity of 0.035%/Deg within −30◦ to 30◦ was

observed. Static deflection angles and dynamic responses were successfully measured

and converted from resistive readout. Additional functionalities such as magnetic

field misalignment sensing, occlusion detection at inlet hole and flow rate sensing

were demonstrated.

In vitro dynamic blood clot resistance evaluation Conventional catheter oc-

clusion is unpredictable with wide range of time to failure [5,192]. A in vitro dynamic

fluid circulatory setup was developed to reliably produce obstruction from blood clot

within a controlled time frame (<4 h). In order to resist occlusion and allow better

fluid transportation in the circulatory system, an improved actuator device was de-

veloped. The new design features a serpentine cantilever flexure with an increased

nickel thickness. As a result, the new actuators produce a significantly more torque (8

times) and deflection angle (85◦ at 15 mT) comparing to previous design in Chapter

2. We also developed an improved theoretical model to accurately predict magnetic

torque for electroplated nickel. Catheters with or without the actuators were com-

pared in the in vitro experiment. Fatal obstruction happened less frequently with

magnetic actuation. The system began to clot at a much delayed time (27 vs. 211

min).
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In vivo survivability evaluation Finally we presents our first ever attempt to

evaluate magnetic actuator on animals. An intraventricular hemorrhage porcine

model was used to quickly produce post hemorrhagic hydrocephalus during surgery.

The model exhibited an extremely high shunt failure rate (100%,within 7 days ) for

control group without integrated magnetic actuators. In the contrary, the smart shunt

showed much better shunt failure (20%) at end of 42 days using periodic magnetic

actuation treatment. The treatment animals also had significantly smaller ventricle

volumes.

5.2 Future work

This research features an engineering effort to integrate MEMS actuator into ex-

isting medical device for improved clinical efficacy. Despite substantial advancements

there is still room for improvements. Discussion from the perspectives of performance

and reliability is described here.

Combining passive and active anti-fouling methods This work evaluated the

ability to combat biofouling by sole use of mechanical energy. Fouling from a handful

of material, such as muscle cells, BSA and blood clot can be curtailed by torque or

shear stress generation. It is important to realize that magnetic actuation does not

destroy biofilm but rather disperse and redistribute a localized aggregation elsewhere

in the drainage path. If biofilm quickly progress to a massive amount in between

two successive actuation treatments, obstruction may eventually happen regardless

of subsequent magnetic actuation. Therefore, it is necessary to combine actuation

with advanced surface materials or topographies as mentioned in Chapter 1 to lower

the rate of biofilm attachment for a maximum anti-fouling outcome.

Magnetic materials To further increase amount of torque from magnetic actuator

for improved actuator impact, new magnetic materials with larger remanence, sus-
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ceptibility and saturation should be explored. Compatibility with fabrication process

and biocompatibility should also be considered.

Wireless sensing of cantilever deflection The gold resistive sensor described in

this work requires a wired connection, which defeats the purpose of wireless magnetic

operation. For future development towards clinical practices, a wireless sensing ca-

pability is necessary. A potential challenge is transmitting signal to deep brain space

without implanted battery and complex circuitry. A potential solution is placing

wireless transceiver at distal catheter on the side near neck. In this way transmission

distance from outer sensing apparatus is greatly reduced.

Optimization of actuation There are two aspects to optimize. First, dynamic

motion of actuator in liquid needs to be further studied.The static behavior and

resonant frequency in air are examined in this work, however the understanding of

dynamic motion is still at a crude state, especially for the case of large deflection. The

magnetic actuator is a system that couples magnetic problem, solid mechanic prob-

lem and hydrodynamic problem. The magnetic problem determines how magnetic

material responds to excitation waveform. The solid mechanic problem describes

the energy stores and releases from the beam. The hydrodynamic problem provides

how much friction the system experiences, which in turn requires the description of

motion.

The second aspect is precise delivery of shear stress on catheter sidewalls and

actuator surface. Additional computational fluid dynamic simulations need to be

studied to optimize actuator geometry and boundary conditions.

Design for manufacturability The current integration process requires manual

handing of released substrate which significantly hinders throughput and yields. In

the future, a more automated fabrication/integration strategies needs to be explored,

for instance, roll-to-roll manufacturing. We might want to consider sandwich the

actuator substrate inside silicone sidewall while forming the catheter.
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Frequency of actuation treatment During the in vivo study, actuation treat-

ments were conducted at surgery day, one, three and five weeks after implantation.

Although this treatment frequency yields satisfactory results, there is little reason-

ing behind the decision other than logistically convenient and feasible. Therefore, a

controlled study should be designed to examine how frequency of treatment impact

occlusion outcome. Perhaps, a need based treatment scheme should be developed

using feedback from shunt patency sensing.

Reliability This work indicates that the polymer based magnetic actuator can

withstand up to 300 millions cycles of cyclic bending without significant shift in

beam stiffness. However, the reliability of the magnetic actuators should continue

be examined. For instance, the device may subject to sudden mechanical shock

(acceleration) while patient is participating intense physical activity or experiencing

unexpected head trauma. MEMS device have been previously shown susceptible to

fracture due to large magnitude shocks [204].

The geometry of cantilever should be designed not only from the aspect of per-

formance but also from susceptibility to boundary condition change. It is important

to realize that the magnetic actuator is intended to function for extended period in

human body, a complex and ever changing environment. For example, the newly

proposed serpentine beam may be prone to biofilm attachment because of its mesh

like spacing. In future iterations, the gap size between adjacent structures needs to

be studied.
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A. MATLAB SCRIPTS

A.1 Calculation for natural resonant frequencies of magnetic actuators

1 c l e a r

2 %% Mater ia l p r o p e r t i e s

3 p n i c k e l = 7800 ;% Density o f magnet ( n i c k e l ) ( kg/mˆ3)

4 p poly = 1420 ; % Density o f c a n t i l e v e r ( poly imide ) ( kg/mˆ3)

5 p pary = 1289 ;

6 p Cr = 7190 ;

7 p Au = 19300;

8 E = 2.45 e9 ; % E l a s t i c modulus o f po ly imide (GPa)

9 E pary = 2 .3 e9 ;

10 t p o l y = 12e−6;

11 t Cr = 20e−9;

12 t Au = 50e−9;

13 t n i c k e l = 10.265 e−6;

14 t pary = 0e−6;

15 l beam = 400e−6;

16 w beam = 49e−6;

17 R nicke l = 400e−6;

18 R poly = 450e−6;

19 dev i ce = 2 ;

20

21 %composite beam add−in

22 E1 = E;

23 E2 = E pary ;
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24 t1 = t p o l y ;

25 t2 = t pary ;

26 L = l beam ;

27 W = w beam ;

28 h0 = t1+t2 ;

29 h1 = t2 ;

30 h2 = 0 ;

31 C11 1 = E1 ;

32 C11 2 = E2 ;

33 A11 = C11 1 ∗(h1−h0 )+C11 2 ∗(h2−h1 ) ;

34 B11 = 0 .5∗ ( C11 1 ∗( h1ˆ2−h0 ˆ2)+C11 2 ∗( h2ˆ2−h1 ˆ2) ) ;

35 D11 = 1/3∗( C11 1 ∗( h1ˆ3−h0 ˆ3)+C11 2 ∗( h2ˆ3−h1 ˆ3) ) ;

36 EI = abs ( ( B11ˆ2−A11∗D11) /A11∗W)

37

38 %Dec8 added o f f s e t d i s t anc e 20um

39 %d i s c e n t e r = [ 0 100 100 150 200 250]∗1 e−6+20e−6;

40 d i s c e n t e r = [ 0 100 100 150 200 250]∗1 e−6; % d i s t anc e from

cente r o f c i r c l e to r o t a t i o n a x i s

41 d i s c e n t e r = d i s c e n t e r ( dev i c e ) ;

42 r e c t a r e a p o l y = [448∗155 343∗155 343∗150 294∗150 244∗145

194∗145]∗1 e−12;

43 b poly = [488 343 343 294 244 194]∗1 e−6; % long length o f

the polymer r e c t a n g l e area

44 M rec poly = r e c t a r e a p o l y ( dev i c e ) ∗( t p o l y ∗p poly+t pary ∗

p pary ) ; %mass o f r e c t a n g l e

45 J3 po ly = 1/3∗M rec poly ∗( b poly ( dev i ce ) ) ˆ2 + 1/12∗M rec poly

∗ t p o l y ˆ2 ;

46 %J3 poly i s the moment o f i n e r t i a o f r e c t angu l a r polymer

r eg i on about a x i s at the end
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47 %of the c a n t i l e v e r , c a l c u l a t e d by cuboid r e o t a t e about one o f

i t s edge .

48 r e c t a r e a n i c k e l = [410 300 307 257 208 156]∗200∗1 e−12;

49 d n i c k e l = [185 130 133 .5 109 84 5 8 . 5 ]∗1 e−6; %d i s t anc e from

cente r o f r e c t a n g l e to r o t a t i o n a x i s

50 b n i c k e l = [410 300 307 257 208 156]∗1 e−6; %long l ength o f

r e c t a n g l e ( pe rpend i cu l a r to d i r e c t i o n

51 M rec n i cke l = r e c t a r e a n i c k e l ( dev i ce ) ∗( t n i c k e l ∗ p n i c k e l+

t Cr∗p Cr+p Au∗t Au ) ;

52 J 3 n i c k e l = 1/12∗M rec n i cke l ∗( b n i c k e l ( dev i ce )+t n i c k e l )ˆ2+

M rec n i cke l ∗( d n i c k e l ( dev i c e ) ) ˆ2 ;

53 %J 3 n i c k e l i s the moment o f i n e r t i a o f r e c t angu l a r r eg i on o f

metal about a x i s at the end o f

54 %c a n t i l e v e r , c a l u c l a t e d by cente r a x i s p lus o f f−s e t d i s t anc e

accord ing to

55 %p a r a l l e l a x i s theorem .

56 J3 = J3 po ly+J 3 n i c k e l

57 Area f l ap = pi ∗( R poly )ˆ2− r e c t a r e a p o l y ( dev i c e ) ;

58 Area magnet = [418541 440341 438911 448911 458711 468911]∗1 e

−12;

59 A cross = w beam∗ t p o l y ;

60 m beam = p poly ∗ l beam∗A cross ;

61 m mag = ( p n i c k e l ∗ t n i c k e l+p Au∗t Au+p Cr∗ t Cr )∗Area magnet (

dev i ce ) ;

62 m flap = ( p poly ∗ t p o l y+p pary∗ t pary )∗Area f l ap ;

63 M tip = m mag+m flap

64 R = M tip/m beam ;

65 I = t p o l y .ˆ3∗w beam /12 ;
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66 X = f z e r o (@( x ) 1+1./( cos ( x ) .∗ cosh ( x ) )−R.∗ x . ∗ ( tan ( x )−tanh ( x ) )

, 0 . 2 ) ;

67 w = X.ˆ2∗ s q r t (E∗ I /( p poly .∗ A cross ∗ l beam ˆ4) ) ;

68 f t i pmas s = w/2/ p i ;

69

70 %non−zero moment t i p mass

71 m p o l y c i r c l e = p poly ∗ t p o l y ∗ pi ∗( R poly ) ˆ2 ;

72 m n i c k e l c i r c l e = ( p n i c k e l ∗ t n i c k e l+p Cr∗ t Cr+p Au∗t Au )∗ pi

∗( R n i cke l ) ˆ2 ;

73 J1 = 0.25∗ m p o l y c i r c l e ∗( R poly )ˆ2+ m p o l y c i r c l e ∗( d i s c e n t e r )

ˆ2+1/12∗m p o l y c i r c l e ∗ t p o l y ˆ2 ;

74 %J1 i s the moment o f i n e r t i a o f c i r c u l a r r eg i on o f polymer

about a x i s at

75 %the end o f c a n t i l e v e r , c a l c u l a t e d by p a r a l l e l a x i s theorem

76 J2 = 0.25∗ m n i c k e l c i r c l e ∗( R n i cke l )ˆ2+ m n i c k e l c i r c l e ∗(

d i s c e n t e r ) ˆ2+1/12∗m n i c k e l c i r c l e ∗ t n i c k e l ˆ2 ;

77 %J2 i s the moment o f i n e r t i a o f c i r c u l a r r eg i on o f metal

about a x i s at

78 %the end o f c a n t i l e v e r , c a l c u l a t e d by p a r a l l e l a x i s theorem

79 J = −(J1+J2−J3 )

80 p = p poly ;

81 A = A cross ;

82 l = l beam ;

83 M = M tip

84

85 %Or ign i a l Using E∗ I Nov 29

86 %fun2 = @(X) −(2∗Eˆ2∗ I ˆ2∗Xˆ5∗(Aˆ2∗ l ˆ4∗pˆ2 − J∗M∗Xˆ4 + Aˆ2∗ l

ˆ4∗pˆ2∗ cos (X)∗ cosh (X) + J∗M∗Xˆ4∗ cos (X)∗ cosh (X) + A∗J∗Xˆ3∗ l

∗p∗ cos (X)∗ s inh (X) + A∗J∗Xˆ3∗ l ∗p∗ cosh (X)∗ s i n (X) + A∗M∗X∗ l
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ˆ3∗p∗ cos (X)∗ s inh (X) − A∗M∗X∗ l ˆ3∗p∗ cosh (X)∗ s i n (X) ) ) /(Aˆ2∗ l

ˆ9∗pˆ2) ;

87 %New Using EI f l e x u r a l r i g i t i d y from composite beam Nov 29

88 fun2 = @(X) −(2∗EIˆ2∗Xˆ5∗(Aˆ2∗ l ˆ4∗pˆ2 − J∗M∗Xˆ4 + Aˆ2∗ l ˆ4∗p

ˆ2∗ cos (X)∗ cosh (X) + J∗M∗Xˆ4∗ cos (X)∗ cosh (X) + A∗J∗Xˆ3∗ l ∗p∗

cos (X)∗ s inh (X) + A∗J∗Xˆ3∗ l ∗p∗ cosh (X)∗ s i n (X) + A∗M∗X∗ l ˆ3∗p∗

cos (X)∗ s inh (X) − A∗M∗X∗ l ˆ3∗p∗ cosh (X)∗ s i n (X) ) ) /(Aˆ2∗ l ˆ9∗p

ˆ2) ;

89 X = f z e r o ( fun2 , 0 . 3 ) ;

90 %Orignal us ing E∗ I Nov 29

91 %w = X.ˆ2∗ s q r t (E∗ I /( p poly .∗ A cross ∗ l beam ˆ4) ) ;

92 %New us ing EI

93 w = X.ˆ2∗ s q r t ( EI /( p poly .∗ A cross ∗ l beam ˆ4) ) ;

94 f i n e r t i a = w/2/ pi
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A.2 Magnetic torque and static response

1

2 %Oct 29 2018

3 %Qi Yang

4

5 c l e a r

6 c l o s e a l l

7 %load ( ’ Per mag o f f ne t . mat ’ )

8 mu0 = 4∗ pi ∗1e−7;

9 E m = 2.45 e9 ; % E l a s t i c modulus o f po ly imide (GPa)

10 %L = 594.8∗ 1e−6; % Beam length

11 %L = (2000+ pi ∗80∗4) ∗ 1e−6;

12 L = 350∗1e−6;

13 w = 44 ∗ 1e−6; % Beam width

14 %w = 67∗1e−6;

15 %t = 11 .2 ∗ 1e−6; % Beam t h i c k n e s s

16 t = 12∗1e−6;

17 I = w∗ t ˆ3/12 ;

18 p = 7800 ; %dens i ty o f Ni Kg/m

19 %S p e c i a l case f o r ob l a t e sphero id

20 % assume a<b=c

21 %long a x i s i s b c

22 f o r t h i c k n e s s = 100 :20 : 100

23 a = t h i c k n e s s /2 ;

24 b = 790/2;

25 %%b = 800/2;

26 c = 790/2 ;

27 %c = 905/2;
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28 %c = 800/2;

29 C3 = 1 ;

30 m = c/a ;

31 Nc = C3/2/(mˆ2−1)∗(mˆ2/ s q r t (mˆ2−1)∗ a s in ( s q r t (mˆ2−1)/m)−1)

32 Na = C3 −2∗Nc

33 %

34 %Torque c a l u c l a t i o n as a func t i on o f geometry , app l i ed H,

ang le between

35 %symmetric a x i s and app l i ed H

36 %For M< Ms, Ms i s s a t u r a t i o n magnet izat ion

37 %Ms = 600KA/m or 0 .753T f o r e l e c t r o p l a t e d n i c k e l

38 %v = 505000∗1 e−12∗ t h i c k n e s s ∗1e−6; %volume o f s o f t magnet

39 %H = 40000; %Applied Magnetic f i e l d A/m

40 mass = p∗v

41 T o f f s e t = 0 ;

42 %%% take in to account magnetic s u s c e p t i b i l i t y x

43 %x = 15 ; %

44 x = 1 1 . 3 ;

45 %Na = (1+Nc∗x ) /x ;

46 %Nc = (1+Na∗x ) /x ;

47 %Nc = 0 . 1 ;

48 %

49 k the ta = E m∗ I /(L)

50 h max =4e4 ;

51 n = 1 ;

52 M sat = 0 . 7 4 ;

53 M res i = 0.037/mu0 ;

54 %i n i = 0 .165806 ; %i n i t i a l ang le at s t a t i c in Rad

55 i n i = 0∗ pi /180 ;
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56 %i n i 2 = −5.6∗ pi /180;% diagona l a x i s d i f f e r e n t i a l = −atan (

d iagona l / t h i c k n e s s )

57 i n i 2 = 0 ;

58 f o r H = 0 : h max /1000 : h max

59

60 ph i rad (n) = f z e r o (@( theta ) (mu0∗v ∗ ( ( x .∗H.ˆ2∗ cos ( theta−

i n i 2 ) .∗ s i n ( theta−i n i 2 )+M res i .∗H.∗ cos ( theta−i n i 2 )∗(1+

Nc∗x ) ) /(1+Nc∗x )−x .∗H. ˆ 2 . ∗ s i n ( theta−i n i 2 ) .∗ cos ( theta−

i n i 2 ) /(1+Na∗x ) )−T o f f s e t ) / k theta−theta+in i , 1 ) ;

61

62 %constant M approximation

63 phi rad2 (n) = f z e r o (@( theta ) v .∗M sat∗H∗ s i n ( p i/2− theta ) /

k theta−theta , 1 ) ;

64 phi deg (n) = phi rad (n) ∗180/ p i ;

65 phi deg2 (n) = phi rad2 (n) ∗180/ p i ;

66 data (n , : ) = [H, phi deg (n) ] ;

67 data2 (n , : ) = [H, phi deg2 (n) ] ;

68 n = n+1;

69 end

70 %%%Compare with f i x M d i r e c t i o n model

71 X = data ( : , 1 ) /1000∗1000∗1000∗mu0 ;

72 Y = data ( : , 2 ) ;

73 p lo t (X,Y, ’ o ’ ) ;

74 x l a b e l ( ’ magnetic f l u x dens i ty [mT] ’ )

75 y l a b e l ( ’ d e f l e c t i o n ang le [DEG] ’ )

76 hold on

77 p lo t (X, data2 ( : , 2 ) ) ;

78

79 H = 45000 %A/m
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80 theta = pi /2/100;

81 T mag = mu0∗v∗abs ( x∗H.ˆ2∗ cos ( theta ) .∗ s i n ( theta ) ./(1+Nc∗x )−x∗H

. ˆ 2 . ∗ s i n ( theta ) .∗ cos ( theta ) /(1+Na∗x ) ) ;

82 theta = pi /2/100;

83 alpha = 0 : p i /2/100: p i /2 ;

84 T mech = alpha∗ k the ta ;

85

86 f i g u r e (2 )

87 theta = 0 : p i /2/100: p i /2 ;

88 %f o r H = ( 5 : 2 : 1 5 ) /1000/(4∗ pi ∗1e−7)

89 f o r H = 15/1000/(4∗ pi ∗1e−7)

90 %T mag = mu0∗v∗abs ( x∗H.ˆ2∗ cos ( theta ) .∗ s i n ( theta ) ./(1+Nc∗x

)−x∗H. ˆ 2 . ∗ s i n ( theta ) .∗ cos ( theta ) /(1+Na∗x ) ) ;

91 T mag plot = (mu0∗v∗abs ( ( x∗H. ˆ 2 . ∗ cos ( theta ) .∗ s i n ( theta )+

M res i .∗H.∗ cos ( theta )∗(1+Nc∗x ) ) /(1+Nc∗x )−x .∗H. ˆ 2 . ∗ s i n (

theta ) .∗ cos ( theta ) /(1+Na∗x ) ) ) ;

92 T mag old = v .∗M sat∗H∗ s i n ( p i/2− theta ) ;

93 %take account r e s i d u a l magnet izat ion

94 hold on

95 p lo t ( alpha ∗180/ pi , T mag plot )

96 %hold on

97 %plo t ( alpha ∗180/ pi , T mag old )

98 x l a b e l ( ’ D e f e l c t i o n ang le [DEG] ’ )

99 y l a b e l ( ’ Magnetic Torque [NM] ’ )

100 %hold on

101 %plo t ( alpha ∗180/ pi , T mag old )

102 end

103 end
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A.3 Magnetic field visulization

1 %Qi Yang , Jun 20 2017

2 %a n a l y t i c a l s o l u t i o n o f magnetic f l u x generated from

mult i turn mu l t i l ay e r

3 %s o l e n o i d in an a i r box o f any dimension o f your cho i c e

4

5 c l e a r

6 c l o s e a l l

7

8 r0 = 0 . 1 ; %rad iu s o f c o i l . was 0 .1

9 r ou t = 0 . 1 4 ; %outer rad iu s o f s o l e n o i d was 0 .14

10 I = 17 ; %cur rent [A] %was 17A

11 mu0=4∗pi ∗1e−7; %magnetic pe rmeab i l i t y in vaccuum/ a i r

12 box s ide = 0 . 2 ; %was 0 .2

13 box top =0.2 ; %was 0 .2

14 c o i l s p a c i n g = 0 . 0 0 3 ; % was 0 .003m f o r AWG12

15 c o i l t o p = 0 . 0 5 5 ; %was 0 .055

16 co i l bo t tom = −c o i l t o p ;

17 mesh xy spacing = 0 . 0 1 ; % was 0 .01

18 mesh z spac ing = 0 . 0 0 1 ; %was 0 .001

19

20 %%box mesh i n i t i a l i z a t i o n

21 [X,Y, Z ] = meshgrid(−box s ide : mesh xy spacing : box s ide ,−

box s ide : mesh xy spacing : box s ide ,−box top : mesh z spac ing :

box top ) ;

22 %Z0 = Z ;

23 Bx = 0∗X;

24 By = 0∗Y;
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25 Bz = 0∗Z ;

26

27 t u r n s p e r l a y e r = length ((−abs(− co i l bo t tom ) ) : c o i l s p a c i n g :

c o i l t o p ) ;

28 l a y e r = length ( r0 : c o i l s p a c i n g : r ou t ) ;

29 turns = t u r n s p e r l a y e r ∗ l a y e r ;

30

31 [ a1 , a2 , a3 ] = s i z e (X) ;

32 f o r i = 1 : 1 : a1∗a2∗a3

33 x = X( i ) ;

34 y = Y( i ) ;

35 z = Z( i ) ;

36 p2 = x.ˆ2+y . ˆ 2 ;

37 gamma = x.ˆ2−y . ˆ 2 ;

38 C = mu0∗ I / p i ;

39 l c ond =0;

40 f o r r = r0 : c o i l s p a c i n g : r ou t

41 f o r m = (−abs(− co i l bo t tom ) ) : c o i l s p a c i n g : c o i l t o p

42

43 r2 = x.ˆ2+y .ˆ2+( z−m) . ˆ 2 ;

44 alpha2 = r .ˆ2+ r2−2∗r .∗ p2 . ˆ 0 . 5 ;

45 beta2 = r .ˆ2+ r2+2∗r .∗ p2 . ˆ 0 . 5 ;

46 k2 = 1−alpha2 . / beta2 ;

47 [K,E] = e l l i p k e ( k2 ) ;

48 %Bx( i ) = C.∗ x .∗ z /2 ./ alpha2 . / ( beta2 . ˆ 0 . 5 ) . / p2 . ∗ ( (

r0 .ˆ2+ r2 ) .∗E−alpha2 .∗K)+Bx( i ) ;

49 Bx( i ) = C.∗ x . ∗ ( z−m) /2 ./ alpha2 . / ( beta2 . ˆ 0 . 5 ) . / p2

. ∗ ( ( r .ˆ2+ r2 ) .∗E−alpha2 .∗K)+Bx( i ) ;

50 %By( i ) = y . / x .∗Bx( i )+By( i ) ;
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51 By( i ) = C.∗ y . ∗ ( z−m) /2 ./ alpha2 . / ( beta2 . ˆ 0 . 5 ) . / p2

. ∗ ( ( r .ˆ2+ r2 ) .∗E−alpha2 .∗K)+By( i ) ;

52 %Bz( i ) = C. / 2 . / alpha2 . / ( beta2 . ˆ 0 . 5 ) . ∗ ( ( r0 .ˆ2− r2 )

.∗E+alpha2 .∗K)+Bz( i ) ;

53 Bz( i ) = C. / 2 . / alpha2 . / ( beta2 . ˆ 0 . 5 ) . ∗ ( ( r .ˆ2− r2 ) .∗E

+alpha2 .∗K)+Bz( i ) ;

54 end

55 end

56 end

57 f o r r = r0 : c o i l s p a c i n g : r ou t

58 l c ond = 2∗ pi ∗ r∗ t u r n s p e r l a y e r+l cond

59 end

60 c r o s s a r e a = 3.31 e−6; %AWG12 wire

61 volume = l cond ∗ c r o s s a r e a ;

62 dens i ty = 8960 ; %copper Kg/mˆ3

63 mass= dens i ty ∗volume ;

64 r e s i s t i v i t y = 1.68 e−8; %copper ohm−m

65 r e s i s t a n c e = r e s i s t i v i t y ∗ l c ond / c r o s s a r e a

66

67 Y0 = c e i l ( l ength(−box s ide : mesh xy spacing : box s ide ) /2) ;

68 f o r n = 1 : 1 : l ength (Z(Y0 , Y0 , : ) )

69 z comp (n) = Bz(Y0 , Y0 , n) ;

70 end

71

72 Z0 = c e i l ( l ength(−box top : mesh z spac ing : box top ) /2) ;

73 f o r m = 1 : 1 : l ength (X( : , Y0 , Z0 ) )

74 z comp2 (m) = Bz(m, Y0 , Z0 ) ;

75 net (m) = s q r t ( ( Bz(m, Y0 , Z0 ) ) .ˆ2+(Bx(m, Y0 , Z0 ) ) .ˆ2+(By(m, Y0 ,

Z0 ) ) . ˆ 2 )
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76 end

77

78 %Z = Z−0.5;

79 %quiver3d (X,Y, Z , Bx , By , Bz) ;

80 %V i s u a l i z a t i o n

81 %quiverC3D (X,Y, Z , Bx , By , Bz ,5000 ) ;

82 f p r i n t f ( ’\ nth i s c o i l has %d turns \n\n ’ , turns )

83 f i g u r e (2 )% p lo t Mganetic f l u x alon cente r a x i s ( z )

84 p lo t (−box top : mesh z spac ing : box top , z comp , ’ or ’ )

85 z output = −box top : mesh z spac ing : box top ;

86 x l a b e l ( ’ z a x i s [m] ’ )

87 y l a b e l ( ’ Magnetic f l u x [T] ’ )

88 %Z component f i e l d s t r en th a c r o s s Z a x i s

89 f i g u r e (3 )

90 p lo t (−box s ide : mesh xy spacing : box s ide , z comp2 , ’ ok ’ )

91 x output = −box s ide : mesh xy spacing : box s ide ;

92 x l a b e l ( ’ x a x i s [m] ’ )

93 y l a b e l ( ’ Magnetic f l u x [T] ’ )

94 %Z component f i e l d s t r ength a c r o s s x a x i s
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coating on microorganism colonization in silicone tubing,” Acta neurochirurgica,
vol. 146, no. 6, pp. 603–610, 2004.

[50] J. J. Boelens, S. A. Zaat, J. Meeldijk, and J. Dankert, “Subcutaneous abscess
formation around catheters induced by viable and nonviable staphylococcus
epidermidis as well as by small amounts of bacterial cell wall components,”
Journal of biomedical materials research, vol. 50, no. 4, pp. 546–556, 2000.



131

[51] Y. Izci, H. Secer, C. Akay, and E. Gonul, “Initial experience with silver-
impregnated polyurethane ventricular catheter for shunting of cerebrospinal
fluid in patients with infected hydrocephalus,” Neurological research, vol. 31,
no. 3, pp. 234–237, 2009.
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