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Abstract

Current chemotherapeutics are plagued by poor solubility and selectivity, requiring toxic
excipients in formulations and causing a number of dose limiting side effects. Nanoparticle
delivery has emerged as a strategy to more effectively deliver chemotherapeutics to the tumour
site. Specifically, polymeric micelles enable the solubilization of hydrophobic small molecule
drugs within the core and mitigate the necessity of excipients. Notwithstanding the significant
progress made in polymeric micelle delivery, translation is limited by poor stability and low drug
loading. In this work, a rational design approach is used to chemically modify poly(D,L-lactide-
co-2-methyl-2-carboxytrimethylene carbonate)-graft-poly(ethylene glycol) (P(LA-co-TMCC)-g-

PEG) in order to overcome these limitations and effectively deliver drug to tumours.

The PEG density of the polymer system was optimized to enhance the stability of our polymeric
micelles. Higher PEG densities permitted the lyophilization of micelles and enhanced the serum
stability of the system. To increase the drug loading of our system, we facilitated specific
intermolecular interactions within the micelle core. For drugs that form colloidal aggregates,
such as pentyl-PABC doxazolidine, polymers were used to stabilize the colloidal core against

aggregation and protein adsorption. For more challenging molecules, where self-assembly cannot
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be controlled, such as docetaxel, we modified the polymeric backbone with a peptide from the
binding site of the drug to achieve loadings five times higher than those achieved in conventional
micelle systems. This novel docetaxel nanoparticle was assessed in vivo in an orthotopic mouse
model of breast cancer, where it showed a wider therapeutic index than the conventional
ethanolic polysorbate 80 formulation. The improved tolerability of this formulation enabled
higher dosing regimens and led to heightened efficacy and survival in this mouse model.
Combined, these studies validated P(LA-co-TMCC)-g-PEG nanoparticles as an effective
delivery vehicle for two chemotherapeutics, and presents approaches amenable to the delivery of

many other clinically relevant hydrophobic drugs or drug combinations.



v

Acknowledgments

I would first like to thank my supervisor and mentor, Molly Shoichet, who taught me so many
things, but most importantly gave me the confidence to break my own glass ceiling and pursue a
PhD. I am incredibly grateful for the opportunity to work in your lab.

To my collaborators, without whom I could not have done most of this work: Ahmed Aman,
Rima Al-awar, Ben Barthel, Tad Koch, Ryan Hansen, Peter Poon and Armand Keating. I would
also like to thank my committee members, Tim Bender and Warren Chan, who challenged me
but were also incredibly supportive and reliable throughout my five years here.

I got to work with the most amazing group of individuals in the Shoichet lab- people who were
so willing to be teachers and therapists and friends whenever I needed them. In particular, (but in
no particular order): my first mentor in the lab, Shawn, whose enthusiasm was truly contagious
and whose kindness to others I will forever try to emulate. Chris, Roger and Mike, who were not
only killer postdocs but killer friends. My “gurls”- Kat, Steph, Jackie, Sam and Malgosia- who
were always there to listen, but are also part of some of my favourite memories. The blood pact-
Anup, Steph and Nick- I couldn’t think of better people to have started and ended this journey
with. The morning crew- Sam, Ahil, Chris, Jamie, Eric- which evolved over the years but always
made waking up and coming in early easy. Thug Cluster, who could laugh with me when I
needed it but were good enough friends to refocus me when I laughed for too long. Lastly, to
OQG, Ying Fang Chen, who doesn’t receive enough praise but was the best lab mother a girl could
ask for.

I would like to thank all of my family and friends who helped me achieve my goal of obtaining a
PhD. To my Mom, who since I was a little girl encouraged me to follow my dreams and love
learning. Even though she isn’t here to see this, she has truly left an imprint on my heart forever.
To my Dad, who is one of the best people I know, has provided me constant support and has
never once doubted my abilities. His easy going nature and “don’t worry Jenn” was just what I
needed to hear when I was bogged down in research. To Liza, who has been an incredible mother
when I needed one most, loves me unconditionally, and helps me keep my sanity when life gets
crazy. My sisters, Colleen, Fanny and Amy, who are also some of my closest friends, were
always there to keep me grounded and make me laugh uncontrollably. Finally, to my
grandmothers, Thelma and Myra, who were way ahead of their time and always told me that I
could be whatever I wanted to be, your attitudes have helped shape the person I am today.



Table of Contents

ACKNOWIEAZIMENES. ......iiiiieiieeiie ettt ettt et e e e s ate e bt e sabeesteesaaeenbeessseenseesnseenseennnas v
TabIe Of CONLENLS .....eriiiiiiiieieei ettt ettt et sb et et esbe et bt sbeeneeanens v
List of Figures and TabIes.........ccuiiiieiiiiiieiieeeeieee ettt ettt et seae e e e nbeesae e Xi
I INEEOAUCTION ..ottt ettt et b e et s ettt s bt et e e e sbeeaesaeens 1
LT RAHONALE ...ttt sttt ettt s b et e sbe et eatens 1
1.1.1  Hypothesis and ObJECTIVES......c.eeruirriiierieeiierieeiteeieette ettt e et e e eeeseeeesee e 2

1.2 Cancer ChemOtherap@ULICS ........c.ceciieiiieriieiierie ettt ettt ae e aeebeesabeenseeeene 3
L.2.1 DOCEIAXEL .ottt sttt ettt ettt et 4

1.2.2  Pentyl PABC-Doxazolidine (PPD) .........ccccooviiiiiiiniiiiiecieeeecee e 5

1.2.3  Anti-HER2 TRETaAPIES .....veeveiieiieiieeiieeiie ettt ettt siae e e 5

1.3 Nanoparticle Drug Delivery VEhiCles.........cccoeviiiiiiiiiiiieiiiciee e 6
1.3.1  Passive Tar@etiNg .........ccceerieeiiienieeiieeieeiteeie et eee et e siee et e saae bt e ssaeeseesnaeenseennes 7

1.3.2 ACtIVE TaIZEUING ....vieiieeiiieeiieeieeeiie ettt ettt et stte et e st e et e esateesbeeseseeseesaseenseennns 8

1.3.3  Evaluation of NanomediCines ..........ccceecueriererieneenieiieniieieeiesicee et 9

1.4 POlymEriC MICEILIES .....ccueieiieiiieiieiie ettt ettt et e e e e 9
L4 1 Self-ASSEMDIY ....coiuiiiiiiiii ettt ettt et e e e e b e eaaeens 10

1.4.2  Micelle Stability......cccieiiiiiiieiiieieeie ettt ettt ebee s ens 12

1.5 Corona Modifications to Improve Stability and Targeting...........ccccceeveerereriencieeneeninens 12
1.5.1  Surface CREMISIIY ....ccuiiiiiiiieiiieiie ettt ettt st e e e e s seebeesaaeens 12

1.5.2  Click Chemistry Conjugation Strate@ies.........cccceereerriierierieeniienieenieesreenieesneens 13

1.6 Core Modifications to Improve Drug Loading ...........ccccueevieriieniieniieiiecieeeeee e 16
1.6.1 Hydrophobic INteractions...........cceerieeriieriiieiieeieerieeieeiteeteeiee e ieesaeeneee e ens 18

1.6.2 Core Crystallinity and Pi-Pi Stacking ...........c.ccoceeviiiiiiiiniiiiieieeieeeceeee e 19

1.6.3 Colloidal Drug AgEregation ...........cceeceeeieeriienieeieeeieeieeeee e seeereesseenseesaneens 20



vi

1.6.4  Electrostatic INteractions.........eevueriiriierierienieeienitesitete ettt 21
1.7 P(LA-co-TMCC)-g-PEG graft COPOLYMET.........ccocuieiiiiiiiiieeiieiieee et 21
2 PEG graft density controls polymeric nanomicelle stability...........ccccovveevinienienienieneniienene 24
2.1 ADSITACT ..t ettt st ettt s 24
2.2 INEEOAUCTION ...ttt ettt et e bt et s be et et esae e b eneesaeenee 25
2.3 Materials and MethOdS..........coeiiiiiiiiiiiiie e 27
2301 MAALETIALS .ouveiiieiieieeeee et st 27
2.3.2  INSEIUMENES .c.ueeiiiiiiiieiteee ettt ettt ettt ettt e be e saneebeesaeeens 27
2.3.3 Synthesis of poly(D,L-lactide-co-2-methyl-2-carboxytrimethylene carbonate)-
g-polyethylene glycol-furan...........cccoooeeeiiiiiiiiiiiiiiee e 28
2.3.4  Micelle PreParation .......ccueeruieeiieriieeiieeie et eeite et esiteeteesiteebeesseeesbeeseesnseeseenaseens 28
2.3.5  LyOPhiliZAtION .....ccviiiiiiiiiiiieeiieeiie ettt ettt et e e e snaeenseeenaeens 29
2.3.6 Dynamic light scattering (DLS) and zeta potential...........c..ccocevviivieniriinennennne 29
2.3.7 Transmission electron microscCoOpy (TEM) ......ccceiriiiiiiiniiniiiiieeiieieeie e 29
2.3.8  CMC MEASUIEINENL ....eiiiieiiieiiteiie ettt ettt ettt st e bt e sseeesbe e st e b e saneebeesaneens 30
2.3.9 Polymer hemolysis and CytOtOXICItY aSSAYS......cceerurerrurerrieriieeriierieeniiesreeneeenaeens 30
2.3.10 Serum StADIIIEY ..coovieeiieiieeie ettt eaaeens 31
2.3.11 Docetaxel loaded mICEIIES ........ccerviiriiriiiiinieiiiieeeeeee e 31
2.3.12 STALISEICS eeenveeirerieeieetesitet ettt ettt sttt ettt et s h et st be et eat e bt eaeen 32
24 RESUIES ..ttt ettt bt ettt b et s h et ettt nae e 32
2.4.1 Polymer synthesis and micelliZation.............ccceevueerieeiiienieeiiieiecieeee e 32
2.4.2 Micelle lyophilization and reSUSPENSION..........ceueerireeiieriierieeniieeieeieesveeseeesaeeens 34
2.4.3  Micelle OPtIMIZALION .....c.ueeiuieeiieiieeiieeie ettt eiteeae e e ebeeseesnbeeseeeaseens 36
2.4.4 Hemolysis and cytocompatibility of polymeric micelles.........c.ccceceeverienvenennnene 39
2.4.5  KiNEtiC StADIIILY ...oovieeiiiiiieiie ettt ettt ettt ens 40
246 DTX L0AAING ..eovvieiiieiiieiieeie ettt ettt ettt et e st e s aeesseesnbeeseesnseenseesnsaens 42



vii

2.5 DISCUSSION w.euvieriieiieitieteeite ettt et sttt et sht et e e s bt et e esbesbe e bt eaeesbtebeestesbeenbeestesbeenbeentenaeenee 43
2.5.1  CONCIUSIONS ...ttt ettt ettt ettt et sbe et st e sbe et eatesbeeneesanens 46
2.6 ACKNOWIEAZEMENLS.....cuiiiiiiiiiiiieeiie ettt ettt ettt ettt e et e et e enbeenbeesnbeeseesnseens 46
Leveraging colloidal aggregation for drug-rich nanoparticle formulations..........c..cccccecueneene. 47
B ADSEIACT ..ttt ettt b et et b et st e b eaees 47
3.2 TNIOAUCTION ...ttt ettt ettt et b et es e bt et e et e nbeenees 47
3.3 Materials and Methods.........co.eoiiiiiriiiiii e 49
3301 MALEIIALS .evientieiieiiieteee ettt et 49
3.3.2  Colloid fOrmation .......cc.eeieruierieiienieieeteeteee ettt st 49
3.3.3  Colloid characterization ...........cocueveerueeierienieeierteteee sttt 50
3.3.4  In vitro Serum StaDIlity ......ccueeiiiiiiiiiiiieiieie et 50
3.3.5 In vitro protein adSOTPLION ........cccueeriiiiiienieeiieeie et eeee et e eeeeieeseeeree e eseesaee e 51
3.3.6  In VItro Cell UPLAKE .....eoeeiiiiieiieciieie et 51
34 RESUILS ..ttt ettt ettt et st nae s 51
3.4.1 Polymer-stabilized COIOIAS.......cccuiiriiiiiiiiieiieie e 51
3.4.2  Sertum StADILILY ...ooviiiiiieiieeiieie ettt ettt eaaaens 55
343 Gl UPLAKE ..ttt ettt et e eaaaens 60
3.5 DASCUSSION ..ttt ettt ettt ettt sttt et sb ettt sb e bt e st e sb e e bt eb b e s bt enbeebtenbeenbesaeenbeenees 61
3.6 CONCIUSIONS ....outiiiiiieteeie ettt sttt ettt et sb e bt sb e s bt et ea e e bt eabesaeenaeenees 63
3.7 ONZOING WOTK ..ttt ettt ettt et e st e e bt e st e eteeesteenseessseenseesasaans 64
3.8 ACKNOWIEAZEMENLS .......oiiiiiiiiiiiiieiieie ettt ettt ettt e s e b et eenbeessbeenseesnnaens 64
Innovative use of the taxol binding peptide overcomes key challenges of stable and high
drug loading in polymeric NANOMICEIIES .......cc.eeriiiiiiiiiieiiecie e 65
A1 ADSITACT .. e ettt st ettt 65
4.2 INEEOAUCTION ...ttt et sb e b e et e bt et sbt e bt et esae e be e st e saeenee 65

4.3 Materials and MethOdS........ooooiiiiiiiiiiii 67



viii

4301 MALETIALS .oouveiiiiiieieceeee ettt st 67
4.3.2  INSTIUMENES .c.uveiiiiiiiieiiee ettt sttt ettt e saneebeesaeeens 67
4.3.3 Synthesis of P(LA-CO-TMCC)-g-PEG......c.ccoouiiiiiiiiiieieeeeeeeeeee e 67
4.3.4 Synthesis of P(LA-co-TMCC-co-TMCC-Bn)-g-PEG (Ppp) ..ccocveeevieniiiiiiniieenns 68
4.3.5 Synthesis of P(LA-co-TMCC )-g-PEG,DTX (PDTX) -+erverververeninieieieienieseneenes 68
4.3.6 Synthesis of P(LA-co-TMCC)-g-PEG, TBP (Prgp) or P(LA-co-TMCC)-g-
PEG, Scrambled (PSCR) «vveeeveeeerieeiiieeeiiee et et ettt evee e s 69
4.3.7 Nanomicelle formation by dialysis .........ccceerviieiiieriiiiiieieeiieeeieee e 70
4.3.8 Dynamic light scattering (DLS), Zeta Potential and Transmission electron
MICTOSCOPY (TEM) ..ottt et e 70
4.3.9 In vitro Serum StabIlity ......cccveeoiiiriiiiieieeie e 71
4.3.10 Cell culture CytOtOXICILY @SSAY ..eeeuveerrerrreeiieriieeieeniieeteenitesreenseeeseenseessseenseesnseens 71
A.3.1T STALISEICS eeeuveeiieriieie ettt ettt ettt ettt sttt et bt et st e bt et eaeenbe et eaeens 72
4.4 Results and DISCUSSION .....cc.eerueriiriieniiiiiniienieete sttt ettt ettt et sttt seesae e b eaeesaeenee 72
4.4.1 Polymer Modification StrateZies ..........cceevueerieerieenieeiienieeieesieeeteesieesveeseeesaeeens 72
4.4.2 Polymeric micelle characterization.............cocceeeueerieeiienienieeie e 79
4.4.3 Mechanism of TBP 10ading ...........ccccceeviiiiiiiiiieiieiecieee e 81
4.4.4 Serum stability of Prgp MICEIIES .....cc.eoviiiiiiiiiieiieieciteece e 82
4.4.5 Cytotoxicity of Prgp MICEIIES.....cccuiviiiiiiiiieieeiiee ettt 84
4.5 CONCIUSION ..ttt ettt ettt et s b ettt s bt e bt e s e sbe e bt et e sae e beentesaeenee 86
4.6 ACKNOWIEAZEMENLS.....ccuiiiiiiiieiiieciie ettt ettt ettt e te et e et e et e sabeenseesnseeseesnsaens 87
Preclinical evaluation of taxol binding peptide-modified polymeric micelles loaded with
docetaxel in an orthotopic breast cancer mouse model............ccceevieeiieriiiinieniiierieeie e 88
5.1 ADSEIACT ..ttt ettt et b et st nae et 88
5.2 TNIPOAUCTION ..ottt ettt sttt sb e et st b et es e bt et saeenbeenees 89
5.3 Materials and Methods.........co.eiiiiiiiiiiiiii e 90

5.3.1 Free DTX and NP DTX fOrmMuUlatiOnS..........eeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeenne 90



X

5.3.2  Cell maintenance and Preparation...........cccueeeveerveerirereeesueesieeesieeneeesseesneesseesneens 91
5.3.3 Orthotopic breast cancer MOdel ...........coevireiiiiriieiiierieeiieee et 92
5.3.4 DT X INJECHOMNS ..eeutieeiiieiieeiieeiie et eeite et estteebeeseteeteessteebeessseeseessseenseessseenseessseens 92
5.3.5 Maximum tolerated dOSe STUAY ......cccueeriieriiiiiieiieiieeie ettt 92
5.3.6 Pharmacokinetics and biodistribution StUdY ..........cccceevverieriiiiiieniiieiecie e 93
5.3.7 Plasma and tiSSUE PrePAratiON ........cccueerueeruieeruienieerieeriieeteeseeeseesreeseessneesseesssaens 93
5.3.8 DTX concentration MEaASUTEIMENL ...........ceeeruerierienieeienienieeteneesseetesseenieeeesieens 94
5.3.9  Fab-73J CONJUZALION.....cc.eiiiiieiieeiieiie ettt ettt ettt e eeebeesaaeenbeeseneeseesaneans 94
5.3.10 Efficacy StUAY ..ooovuiieiieiie ettt ettt ettt en 94
5.3.11 PK and statistical analySes ..........cccecvuieriierieeiiienieeiieeie ettt ens 95
54 RESUILS ...ttt ettt ettt ettt et et na e 95
5.4.1 Synthesis and characterization of NP DTX .......ccccccoiiiiiiiiniiiinieiiceiecie e 95
5.4.2 Maximum tolerated dOSE.......cccerruirirriirieniirierierteeee e 96
5.4.3 Pharmacokinetics and biodistribution............ceceveeriierienieniiiiiniieneeeseseeene 97
5.4.4 Efficacy in MDA-MB-231/H2N tumour model ............ccceeviiiiiiniiiiniiiiieiiees 99
5.5 DASCUSSION ..uutiriieutieitentiete ettt ettt st e ettt e bt et ea e sbe et e estesb e et e eatesbeenaesstesbeebesntenbeenesanens 102
5.6 ACKNOWIEAZEMENLS .......eiiiiiiiiiiiieeiie ettt ettt et e e et eesaaeebeeenaeensees 104
TRESIS DISCUSSION .....coutiiiiiieiieiteitete ettt ettt ettt sa et ettt e bt st esb et st e sbeebesanens 106
6.1 Establishing the role of PEG in polymeric micelle stability...........ccecvevieniiieniennennen. 106
6.2 Mechanisms for high drug [0ading ............cccooviieiiiiiiiinii e 108
6.2.1 Colloidal aggregation to enhance drug loading ..........ccccevvvevieviniininicneneenne. 109
6.2.2 Specific taxol binding peptide polymer modification..........c.ccccevevervrvieniennenne. 110
6.3 Increasing the therapeutic index of docetaxel...........ccoooveviiiiiiiiieiiiniee e, 112
6.4 Utility of active targeting ligands in nanoparticle drug delivery .........c.cccoeevvvveriennnnnen. 113
0.5 CONCIUSIONS ...ttt ettt sttt et sa et eat e s bt et satesbeebeeatesbeebesanens 114

6.6 Achievement Of ODJECLIVES. ......ccuiiiiieiieeiietieeie ettt ettt e ae e e eneees 115



7 Recommendations fOr fUture WOTK...........cooiiiiiiiiiiiiiiieeeee e 118
7.1 Tracking NanOPAITICIES ........eeuieruiiiiieiieeie ettt ettt et ste et esiae et eeseaeenbeesnneeneees 118
7.2 Delivery of novel and combination therapeutics ............ceeeveerieriieniienieenieeieeieeeee e 120
7.3 Metastatic and predictive models of diSEase........ccevvuieriieriieiieiiieiieeie e 121

APPENndiX A: ADDIEVIALIONS ....eieuiieiieeiieiiieetieeite et site et et e ebeesteeebeesteeesaeeseeenbeeseessneenseesnsaens 123

Copyright ACKNOWIEAZEMENLS. ........ooouiiiiieiiieie ettt 125

RETETEIICES .. meeseeeseneennmnenennnnnn 126



X1

List of Figures and Tables

Figure 1.1: Small molecule chemotherapeutics. A) Docetaxel, and B) PPD. ........c.ccccccovenienenee. 4

Figure 1.2: Enhanced permeability and retention effect in solid tumours leading to targeting of
nanoparticles. Tumours possess disorganized blood vessel architecture causing gaps in the blood
vessel wall that allows nanoscale materials into the tumour tissue. Active targeting can be
achieved using antibody-modified nanoparticles that bind to overexpressed surface markers on

THE CANICET CEIIS. .t eeseseennneeemememnnnnn 7

Figure 1.3: Amphiphilic polymers can be synthesized using a variety of chemistries and
subsequently self-assembled into well-defined micelles. Each fully assembled micelle thus

consists of a hydrophobic core and hydrophilic corona............ccceeeceieiieniienieniiieieeeeeeeeeen 11

Figure 1.4: A) An example of the transition-metal free [4+2] DA cycloaddition between furan
and maleimide functional groups. B) The high coupling efficiency of the DA reaction was used
to selectively couple furan groups on the corona of a polymeric micelle with maleimide-modified

ANEIDOAIES [D0]. .ottt e e et e e st e e e abaeesabee e tseeesseeeaaeeeneeesaraeans 15

Figure 1.5: Michael addition between a maleimide modified monoclonal antibody and thiol

conjugated fIUOTOPNOTE. ......ccviiiiiiiiiiie ettt ettt ettt e st e e beesabeenbeesaseensees 16

Figure 1.6: Schematic representation of various core interactions that can be incorporated to both

stabilize micelles and increase drug 10ading...........cccceevviiiiieiiiiiiinieee e 18

Figure 1.7: Structure of P(LA-co-TMCC)-g-PEG-furan, displayed with 1 PEG/backbone. This
polymer is a random copolymer comprised of lactide (90%) and TMCC (10%).......cccceveevuennen 22

Scheme 2.1: Synthesis of P(LA-co-TMCC)-g-PEG followed by preparation of polymeric
micelles by dialysis. The co-polymer backbone is synthesized by a ring opening polymerization
of the monomers D,L-lactide and 5-methyl-5-benzyloxycarbonyl-1,3-trimethylene carbonate
(TMCC-Bn) initiated by 1-pyrenebutanol and catalyzed by a bifunctional thiourea. Following
benzyl deprotection by palladium-catalyzed hydrogenolysis, bifunctional furan-polyethylene
glycol-amine (NH,-PEG-furan) is grafted onto P(LA-co-TMCC) using diisopropylcarbodiimide
(DIC) and hydroxybenzotriazole (HOBt) coupling chemistry. The resulting polymer is 90 mol%



xii

LA and 10 mol% TMCC, up to half of which have PEG grafted thereon. Micelles were formed
by a dialysis self-assembly procedure against phosphate buffered saline (1x, PBS). ................. 33

Figure 2.1: "H NMR of P(TMCC-co-LA)-g-PEG with ~6 PEG/backbone. '"H NMR (CDCls): &
1.41 (m, CH3 from TMCC), 1.57-1.59 (m, CH; from LA), 3.64 (t, CH, from PEG, satellite peaks
at 3.46 and 3.82), 4.32 (m, CH, from TMCC), 5.00-5.19 (m, CH from LA) and 6.23 (m, furan).

Figure 2.2: Effect of PEG density on nanoparticle micelle stability after lyophilization. (A) As
measured by dynamic light scattering, the percent change in diameter of polymeric nanoparticle
micelles upon reconstitution in aqueous solution after freeze-drying with or without the excipient
Pluronic-F68 (P68) (n=3, mean + standard deviation, ** p< (0.05, * p<0.01 determined by one
way ANOVA and Bonferroni post-hoc test). (B) Size distribution of high PEG (6
PEG/backbone) density nanoparticle micelles: before freeze-drying, after freeze drying with the

excipient P68 and after freeze drying without eXCIPIENts. ........cccueeveeeiiieriieriienieeiie e 35

Figure 2.3: Size distribution of low PEG (1 PEG/backbone) and medium PEG (3.5 PEG/bb)
density particles before and after freeze-drying with or without the excipient P68. .................... 35

Figure 2.4: Effect of PEG density on nanoparticle micelle stability after lyophilization. As
measured by dynamic light scattering, the percent change in diameter of polymeric nanoparticle
micelles with DTX encapsulated upon reconstitution in aqueous solution after freeze-drying
(n=3, mean =+ standard deviation). A similar trend is observed between empty nanoparticle

micelles (Fig 2.2) and drug-loaded micelles shown here. ............cocoeveviininiinieniniineceee 36

Table 2.1: Characterization of low (1 PEG/backbone, bb), medium (3.5 PEG/bb) and high (6
PEG/bb) PEG density polymers and miCelles. ..........cceecuirriieiiiniiiiieieeieeie e 37

Figure 2.5: CMC determination using pyrene fluorescence intensity (excitation 340 nm,
emission 390 nm), where pyrene fluorescence changes as a function of its environment.

Representative graph shown with low PEG density (1 PEG/bb) polymer shown. ..............c....... 37

Figure 2.6: Micelle characterization (A) Zeta potential measurements of micelles in water at 1
mg/mL: zeta potential increases towards neutral with increased PEG density. (B) Hydrodynamic

diameter determined by DLS: polymeric nanoparticle micelle diameter increases at high PEG



xiil

density. (C) Nanoparticle micelle diameter measured by TEM increases with increased PEG
density. TEM diameters are less than DLS diameters because TEM measures the dry state
whereas DLS measures the hydrated state. (D) Representative TEM image of high PEG density
nanoparticle micelles clearly shows individual nanoparticle micelles (scale bar is 100 nm). No
heavy metal staining agents were used in TEM image. For (A), (B), (C): n=3 independent
batches of micelles, mean + standard deviation, ** p<0.01 and ***p<0.001 by one-way

ANOVAL ettt ettt st 39

Figure 2.7: (a) Hemolytic activities of micelles (low peg density, medium peg density and high
peg density) as a function of polymer concentrations demonstrate that all formulations are
cytocompatible with red blood cells (under 0.2% hemolysis relative to a positive control of DI
water). (b) LDH cytotoxicity results. Cytotoxicity is calculated relative to a high control (2%
TritonX) and a low control (untreated cells) based on absorbance of reagent at 490 nm. (n=3

independent experiments, mean £ standard deviation).............ceceeveriereeiiniienieneneeee 40

Figure 2.8: (A) SEC traces at 280 nm of high PEG density micelles incubated with 20 vol% FBS
for different time periods (0 h, 6 h, 24 h, 48 h, and 72 h) at 37 °C show clear separation of the
polymeric nanomicelles (eluent at 12 mL) from FBS proteins (eluent at 18 mL). (B) Change in
peak area of micelles as a function of incubation time. Decrease in peak area indicates micelle
dissociation: high PEG density micelles are the most stable, followed by medium and then low
PEG density micelles (n=4, mean =+ standard deviation, * p<0.05, ** p<0.01 by one-way
ANOVA followed by Bonferroni post-hoc teSt).........c.cevieriiriieiiieiienieeieeee e 41

Figure 2.9 Elution peaks of (A) nanoparticle micelles and (B) FBS showing background
absorbance intensity from FBS at 280 nm. .........cccoeiiiiiiiiiiieiiice e 42

Figure 2.10 (A) Percent drug loading relative to the mass of the hydrophobic backbone, P(LA-
co-TMCC). The level of PEG density did not significantly affect the relative amount of drug
loaded per micelle (n=4, mean + standard deviation, p=0.15 by one-way ANOVA between all
groups) (B) While percent drug loading relative to the hydrophobic core is unchanged for all
three formulations with low, medium and high PEG density polymers, when the total mass of the
polymer micelle is considered, the percent loading decreases relative to the mass of the total
polymer, P(LA-co-TMCC)-g-PEG. (n=3, mean + standard deviation, ** p<0.01 by one-way
ANOVA followed by Bonferroni post-hoeC t€St).........c.eevuieriiriieiiieiienieeieeeee e 43



X1V

Figure 3.1: The critical aggregation concentration of PPD is 14 uM in PBS as determined by

dynamic light scattering. Formulations contain 2% DMF. (n=3, mean + SD)......c...ccccceeruennenn. 52

Figure 3.2: (A) Fulvestrant and (B) PPD were selected for their intrinsic chemotherapeutic
efficacy and aggregation properties. Formulation of (C) fulvestrant and (D) PPD colloids in
water or PBS in the presence of the following polymeric excipients: UP80, P(LA-co-TMCC)-g-
PEG, Brij 58, Pluronic F127, VitE-PEG, Pluronic F68 and Brij L23. Incubation of (E) fulvestrant
and (F) PPD formulations at 37°C over 48 h. UP80 was the optimal polymer to maintain the size
of fulvestrant overtime in buffered salt solution (PBS) compared to other polymers. P(LA-co-
TMCC)-g-PEG was the optimal polymer to maintain the size of PPD, with the smallest

nanoparticle size over the incubation period. (n=3, mean + SD, *** p<0.001) ........cceevvrrvrneen. 53

Figure 3.3: Representative fields of view of (A) fulvestrant-UP80 and (B) PPD- P(LA-co-
TMCC)-g-PEG colloids in PBS. Scale bar represents 200 nim............ccceecueeriierieenienieenieeseeenen. 55

Figure 3.4: Fulvestrant-UP80 and PPD- P(LA-co-TMCC)-g-PEG characterization in 10%
serum. (A) Representative TEM images of particles in serum at 0, 24 and 48 h. Fulvestrant-UP80
colloids were stained with ammonium molybdate while PPD- P(LA-co-TMCC)-g-PEG colloids
were stained with uranyl acetate, scale bars are 200 nm. (B) Frequency distribution shows peak
broadening of fulvestrant-UP80 colloidal aggregates over time, while PPD- P(LA-co-TMCC)-g-

PEG maintain size and diSPersity OVET tIME. ........ceevieeiiierieeiieniieeieesie et esiee e eseeeeee e seeeeneeas 56

Figure 3.5: Serum stability assessment of colloidal formulations by FPLC. Traces show
separation between serum proteins (absorbance at 280 nm) and (A) fulvestrant-UP80 colloids
(tracked by fluorescence using a BODIPY FRET pair) and (B) PPD- P(LA-co-TMCC)-g-PEG
colloids (unique absorbance at 480 nm) at t=0. (C) The peak area under the colloid curve over
time is compared to the area at t=0 h to determine colloid stability as a function of time. Both
colloids are stable up to 24 h, with fulvestrant-UP80 colloids dissociating between 24 and 48 h
and PPD- P(LA-co-TMCC)-g-PEG colloids showing no evidence of dissociation over 48 h..... 57

Figure 3.6: Representative SDS-PAGE images of (A) fulvestrant and (B) PPD colloids after
incubation with 50 nM bovine serum albumin (BSA), immunoglobulin G (IgG) and fibrinogen
(Fibr.). Pellet (P) and supernatant (S) fraction were separated by centrifugation of formulation at

16000x g for 1 h at 4 °C. Representative image of 3 1€Peats. ........ccooveeriereiriererieeieieeseeeeeeeenns 58



XV
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Figure 5.5: Efficacy of NP-DTX in MDA-MB-231/H2N bearing NSG mice. (A) Anti-tumour
effect of NP DTX (with or without Fab73J, 5 mg/kg or 8 mg/kg) compared to Free DTX (5
mg/kg). Higher doses (8 mg/kg) of NP DTX resulted in significant inhibition of tumour growth
compared to controls and Free DTX at 5 mg/kg (p<0.001). (n=9, except for untreated n=3, mean
+ SD) (B) Tumour growth curves to study completion at day 60. (C) Weight loss showed good
tolerability of all formulations (maximum weight loss was ~10%) with recovery within 5 days.
(n=9, mean + SD). Red arrows indicate injections of specified treatments. (D) Kaplan-Meier
survival plots correlate to tumour growth plot, showing high doses of NP DTX allow survival up
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1 Introduction

Portions of this chapter are derived from the following manuscript:

McLaughlin, C.K., Logie, J. and Shoichet, M.S. (2013) Core and corona modifications for the
design of polymeric micelle drug-delivery systems. Israel Journal of Chemistry. 53: 670-679.

Reprinted with permission from Wiley. C.K.M., J.L. and M.S.S. wrote and edited the manuscript. C.K.M.
wrote sections on surface chemistry, multifunctional surfaces, and introduction (not included in this
thesis). J.L. wrote sections on self-assembly and core chemical modifications.

1.1 Rationale

The effective diagnosis and treatment of human diseases using small molecule and
macromolecular therapeutics continues to present significant challenges to the biomedical
community. In part, this stems from the physical properties of individual drug candidates, which
are typically hydrophobic and poorly water soluble. This necessitates the use of excipients to
solubilize these compounds for delivery, which can often have their own associated toxicity. The
poor selectivity of many small molecule therapeutics often results in dose limiting side effects
when delivered systemically [1]. Alternative macromolecular therapeutics under development
that use RNA, DNA and proteins, display good solubility in aqueous conditions but can suffer

from degradation and short circulation times in vivo [2].

Nanoparticles have been studied as an alternative strategy to circumvent the broad distribution
profile of small molecule therapeutics, protect sensitive biomacromolecules and deliver them
more selectively to a required site of action [3]. A key feature of these composite nanoparticles is
that they demonstrate ‘value added’ properties, which are greater than the sum of the individual
parts. Moreover, such materials can now accurately interface with both small molecules and
biological macromolecules in a manner that does not significantly disrupt their innate function
[4]. Continuing efforts are now focused on developing these materials to meet the stringent

requirements for benign in vivo circulation and improved pharmacokinetic properties.

P(LA-co-TMCC)-g-PEG is an amphiphilic copolymer designed to form monodisperse polymeric
micelles that can be modified on the surface using click chemistry. The functionality of this

polymer system provides opportunity for subsequent modifications in order to improve the



nanoparticle’s drug loading and serum stability. These modifications would provide a robust

particle platform for the delivery of chemotherapeutics to solid tumours.

1.1.1 Hypothesis and Objectives

The hypothesis governing the body of this work is:
Chemically designed poly (D,L-lactide- co-2-methyl-2-carboxytrimethylene carbonate)-graft-
poly(ethylene glycol) will self-assemble to form stable nanoparticles with high drug loading and

effectively deliver drug to tumours.

To test this hypothesis, this work was divided into four primary objectives:

1. To increase polymeric nanoparticle serum stability.
In Chapter 2, I synthesized P(LA-co-TMCC) and varied the PEG density from 0.5 to 6
PEG/backbone. I established that higher PEG densities result in greater kinetic stability
through both lyophilization and in serum conditions. Importantly, this was not at the cost
of drug loading, which was maintained in all formulations relative to the backbone
concentration.

2. To encapsulate pentyl PABC-doxaz in a polymeric nanoparticle.
In Chapter 3, I investigate an alternative polymeric formulation strategy, which takes
advantage of the colloidal properties of a subset of hydrophobic drugs. Here, I show the
formation of stable colloidal nanoparticles of pentyl PABC-doxaz, a novel anthracycline
derivative. By incorporating polymers during drug self-assembly, we form particles with
unusually high loadings (> 50 wt%).

3. To increase docetaxel loading in polymeric nanoparticles.
In Chapter 4, I modified our polymeric backbone to facilitate higher loading of DTX, a
non-colloid forming small molecule. While less specific moieties, such as benzyl or
DTX, significantly increased loading, the effect of incorporation of a peptide (taxol
binding peptide) from the binding site of DTX was drastic (5-fold over unmodified
polymers). Based on the maintained stability and toxicity of this formulation in vitro, the
TBP-modified particle system was selected for further in vivo studies.

4. To assess the in vivo efficacy of DTX loaded Fab 73J conjugated-nanoparticles in an
orthotopic human xenograft tumour model in mice.
In Chapter 5, I compared the pharmacokinetics, biodistribution, maximum tolerated dose

and efficacy of our novel nanoparticle (NP) DTX (with or without Fab 737J) to a



conventional, surfactant-based, free DTX formulation in orthotopic tumour bearing mice.
We established that the incorporation of the Fab 73] targeting ligand had no benefit on
the efficacy of the formulation. Nevertheless, the reduced toxicity of the NP DTX
augmented the therapeutic window of the drug, allowing higher dosing regimens and

better efficacy and survival.

1.2 Cancer Chemotherapeutics

Cancer is a devastating disease that represents the leading cause of death in Canada [5]. Despite
its prevalence and substantial research investment, cancer remains a considerable clinical
challenge due to the complexity and heterogeneity of the disease. In general, patients are treated
with a combination of surgical intervention, radiation and chemotherapy upon diagnosis. The
success of this treatment varies widely depending on the diagnosis, age and health of the patient.
While significant progress has been made in diagnostics and surgical interventions over the past
20 years, chemotherapy has largely remained unchanged. The majority of clinically used drugs
have poor selectivity, causing a wide range of dose-limiting systemic side effects. A further
challenge is the solubility of these drugs, which are often bulky hydrophobic molecules and thus
require excipients for intravenous delivery. Current formulations contain large volumes of toxic
surfactants (e.g. cremophor EL, Pluronic F68, polysorbate 80), requiring pre-treatment of

patients to prevent allergic reactions [6], [7].

While there are several types of chemotherapeutics, they generally target the fast growing cells
by acting to inhibit a step in the cell division cascade. Unfortunately selecting a single cancer
hallmark as a drug target can also negatively impact healthy cell types that rapidly divide. These
drugs include alkylating agents (such as cisplatin), anti-tumour antibiotics (such as doxorubicin
and the novel anthracycline Pentyl-PABC Doxaz), antimetabolites (such as gemcitabine), and
mitotic inhibitors (such as vincristine and docetaxel). Of these, the taxane chemotherapeutics, a
class of mitotic inhibitors, represent the most prescribed and arguably the most profitable
oncology products ever developed. To circumvent some of the selectivity issues associated with
conventional chemotherapeutics, targeted drug candidates have been explored. These drugs have
a unique target that has no or limited presence in healthy cells, often a mutation or the

overexpression of a gene specific to the cancer. Notable examples include tyrosine kinase



inhibitors, hormone therapies (such as the estrogen receptor antagonist fulvestrant), and

immunotherapies.

Within this thesis, two chemotherapies were used in the development of novel drug delivery
vehicles (Figure 1.1). Docetaxel was selected for its prevalence as a therapy in a range of
cancers, and its compatibility with anti-HER2 immunotherapies. Pentyl PABC-Doxaz was
selected for its colloid forming properties as a novel mechanism to achieve high-loading. Fab73J
is a novel anti-HER2 fragment antigen binding developed by the Sidhu lab, which was explored

as an alternative targeting ligand to the clinically used trastuzumab.

Figure 1.1: Small molecule chemotherapeutics. A) Docetaxel, and B) PPD.

1.2.1 Docetaxel

Taxanes, such as docetaxel, are clinically well-established chemotherapeutics used in patients
with a wide range of cancers including breast, lung and pancreatic [8]. Docetaxel (marketed as
Taxotere by Sanofi) became one of the most successful oncology products after its FDA
approval in 2006, with a global market value of over $3 billion in 2010 [9]. Despite its success in
the clinic, docetaxel has dose-limiting toxicity due to severe side effects such as neutropenia and
thrombocytopenia associated with its lack of selectivity for cancer cells over healthy cells [8],
[10]. Patients also suffer allergic reactions to the excipients, such as polysorbate 80, required to
solubilize the drug for intravenous delivery [11]. Combined, the lack of selectivity and toxicity

of excipients suggests a need for improved formulation strategies.



The mechanism of action of the taxanes is tubulin polymerization and microtubule stabilization,
which blocks cell division and causes cell apoptosis [8]. Docetaxel is more potent than other
taxanes (two times the potency of paclitaxel), due to an additional mechanism of action involving
the inhibition of BCL2 via phosphorylation [11], [12]. Intriguingly, the binding site of docetaxel
on microtubules has been well characterized [13], and point mutations within the beta-tubulin
have been implicated in docetaxel resistance [14]. The high affinity of docetaxel for this binding

site provides an opportunity for a biomimetic drug formulation.

1.2.2 Pentyl PABC-Doxazolidine (PPD)

PPD is a novel anthracycline derivative developed by the Koch lab at the University of Colorado
Boulder [15]. This drug was developed as a means to overcome the limitations of the clinically
used doxorubicin. Specifically, doxorubicin treatment regimens are limited by cardiotoxicity and
acquired resistance of tumours [16]. Modification of doxorubicin with a pentyl PABC linker
forms a prodrug that is topoisomerase II independent and inhibits cell growth by cross-linking
DNA [17]. This prodrug is cleaved specifically by carboxylesterase II, overexpressed in a
number of cancers including liver cancer, non-small-cell lung cancer, and ovarian cancer. In a
liver cancer mouse model, PPD shows growth inhibition compared to doxorubicin and

significant reductions in cardiotoxicity [15].

Like docetaxel, delivery of PPD requires the use of excipients, which can limit dosing regimens
due to severe tail vein damage and side effects such as lethargy. Pre-activation of the drug by
carboxyesterases present in the mouse blood also limited PPD’s use [15]. Encapsulation of PPD
in a biocompatible vehicle could serve to both reduce excipient-associated toxicities and prevent

premature activation of the drug.

1.2.3 Anti-HER2 Therapies

Recently, more targeted approaches to breast cancer treatment have been implemented. Human
epidermal growth factor receptor 2 (HER2) belongs to the epidermal growth factor family of
tyrosine kinase receptors [18]. This receptor is overexpressed in 20-30% of breast cancers, and
acts by upregulating cell proliferation, cell survival and cell mobility [19], [20]. This is a result of
the activation of intracellular signaling pathways due to HER2 homodimerization and
heterodimerization with other receptors of the ErbB family [19]. Antibodies have been identified

that bind to the extracellular domain of HER2 and inhibit cell division. Trastuzumab



(Herceptin®), developed by Genentech and approved by the FDA in 1998, is an antibody
clinically used for HER2+ breast cancers either as a monotherapy or co-administered with
chemotherapeutics, frequently from the taxane family [21]. Trastuzumab-drug conjugates,
notably T-DM1, have had recent success due to their positive results in clinical trials [22], [23]
and FDA approval [24], however the amount of drug delivered per antibody is low compared to

the potential of targeted nanoparticle vehicles.

The mechanism of action for trastuzumab is not well understood, however several theories have
been proposed [25]. Through interactions with HER2, trastuzumab may downregulate and inhibit
tyrosine kinase pathways, leading to the inhibition of cell cycle progression [26]. Alternative
theories suggest that it may facilitate the activation of antibody-dependent cellular cytotoxicity
(ADCC) causing cell death [27], or that it eliminates HER2 receptor autophosphorylation
averting other means of receptor activation [28]. Interestingly, work by the Sidhu lab has
identified novel anti-HER?2 ligands, including 73J, which bind to an alternative epitope of HER2
[29]. We recently showed that the 73] mAb is advantageous due to its fast disassociation from
the HER2 receptor compared to trastuzumab, enabling increased intracellular trafficking [29].
This effect was augmented with conjugation of antibodies to nanoparticles, suggesting the

potential of this novel anti-HER?2 as a targeting ligand.

1.3 Nanoparticle Drug Delivery Vehicles

Many nanotechnologies have been used to tackle the problems of cancer. Their use as an anti-
cancer technology spans from contrast agents for intraoperative imaging to detection methods for
tumour-derived DNA and proteins. Most relevant to this research and one of the most studied
uses of these nanotechnologies is the use of nanoparticles as drug delivery systems.
Nanoparticles of various forms- including liposomes, semiconductors, metals, dendrimers, and
polymeric micelles or particles - have been used as delivery vehicles to circumvent classical
formulation challenges and to reduce the systemic toxicity of specific cargos [30]. Furthermore,
targeting ligands can be conjugated onto nanoparticles to increase binding to specific cells and
facilitate cargo internalization [31]-[33]. The means by which nanoparticles increase specificity
can be grouped into two categories, passive and active, which are described herein. Additionally,

the in vitro and in vivo evaluation of nanoparticles will be described.



1.3.1 Passive Targeting

Passive targeting exploits the enhanced permeability and retention (EPR) effect [34], which
suggests that the vasculature around the tumours is leaky, allowing particles under 200 nm to
pass into the tumour tissue [35]. As described in Figure 1.2, these particles are too large to pass
through healthy vasculature. Furthermore, the tumour suffers from poor lymphatic drainage,
meaning that particles will accumulate at the tumour site [36]. All clinically approved
nanoparticle formulations of chemotherapeutics make use of passive targeting, notable examples
including Abraxane, Marqibo, Genexol-PM and Doxil [37], [38]. Although specificity is
increased, these formulations are still plagued by toxicity to surrounding healthy cells in the

breast tumour microenvironment including endothelial cells, adipocytes and fibroblasts [39].

Figure 1.2: Enhanced permeability and retention effect in solid tumours leading to
targeting of nanoparticles. Tumours possess disorganized blood vessel architecture causing
gaps in the blood vessel wall that allows nanoscale materials into the tumour tissue. Active
targeting can be achieved using antibody-modified nanoparticles that bind to

overexpressed surface markers on the cancer cells.

There have been ongoing debates in the biomedical community about the validity of the EPR
effect as a means of targeting the tumour site [40]-[44], especially after the failure of the Phase
III clinical trial of NK-105 [45] and recent bankruptcy of BIND therapeutics. The heterogeneity
of tumours has been implicated in the disappointing therapeutic efficacy of many nanoparticles
in vivo [42], which has led to recent advancements in image-based methodologies to enable
appropriate treatment design [46]-[48]. Another challenge that has plagued the nanoparticle

community is non-specific distribution and insufficient accumulation of therapeutics [43], [49].



Despite the promise of nanoparticle delivery strategies, only a small percentage (< 2%) of the
carrier accumulates at the tumour site [49], and the extent of tumour penetration suggests that
cargo may only be delivered to the periphery of large tumours [41]. Re-imagining the role of the
carrier could allow a shift to nanoparticle based drug delivery. Specifically, designing
nanoparticles to overcome biological barriers (such as the mononuclear phagocyte system) [50]
may overcome some of the current delivery challenges. In addition, taking advantage of the
reduced toxicity of nano-formulations compared to current surfactant based formulations will

allow more effective dosing regimens [43].

1.3.2 Active Targeting

Active targeting can be attained with the attachment of a moiety to the surface of the
nanoparticle that serves to selectively target the cancer cells. Although unmodified nanoparticle
carriers may display longer distribution times and passively enter specific areas (such as tumours
via the EPR effect), cellular uptake is minimal without the inclusion of groups that will actively
mediate entry via one of the endocytic pathways [51]. This is especially critical for cargo that
cannot passively cross the cell membrane. In some cases, these targeting ligands also elicit a
therapeutic activity themselves. These ‘active’ targeting groups are now being employed to help
navigate through the various biological barriers en route to the intended site of action for a

number of diseases [52].

A range of ligands are currently being explored for receptor-based targeting of therapeutics[53].
These include vitamins (e.g. folic acid), sugars (e.g. N-acetylgalactosamine, GalNAc), peptides
(e.g. RGD), proteins (e.g. transferrin), aptamers (e.g. AS1411), antibodies (e.g. trastuzmab,
huA33, brentuximab) and antibody fragments (e.g. trastuzmab Fab) [54]-[58]. The common
feature amongst these ligands is that they can be used to selectively recognize receptors
overexpressed on either cells or tissues specific for a particular disease-related molecular
pathology. Cell-recognition of the targeting group-modified nanoparticles can enhance uptake

into the cell with subsequent release of a therapeutic payload.

Antibodies are among the most common targeting ligands. A full immunoglobulin (IgG)
antibody has two well-defined regions: the fragment antigen-binding region (Fab) and the
fragment crystallizable region (Fc). The Fab region is responsible for binding to antigens while

the Fc region modulates the immune cell activity. Using a full antibody, such as trastuzumab, as



the targeting ligand on a nanoparticle increases the immune response resulting in reduced
circulation times [59]. As a targeting moiety, Fab fragments have the potential for higher binding
capacity and cellular internalization rates as compared to full IgG antibodies, and may mitigate

the immune response associated with antibody coated particles [59].

1.3.3 Evaluation of Nanomedicines

In order to evaluate the ability of novel nanomedicines to alleviate systemic side effects and
enhance tumour efficacy, representative in vitro and in vivo models must be established. While
in vitro assays provide important information about the toxicity of formulations against specific
cell lines, the 2D cell culture conditions do not accurately model the complicated physical
barriers of a tumour including multiple cell types, abnormal vasculature, hypoxic environments
and changes in gene expression throughout [60]. For this reason, nanomedicines are evaluated

using animal models of cancer before reaching the clinic.

There are several factors to be considered when selecting an in vivo model. Firstly, the
consistency of the model is an important factor. While patient tumours are heterogeneous,
choosing an animal model that has a poor tumour take rate, or variable tumour growth curves
makes analysis extremely difficult. Secondly, orthotopic models should be used when possible to
more accurately reflect the underlying pathophysiology of the patient tumour [61]. Namely,
when tumours are grown in an organ environment consistent with that found in the patient, the
vasculature and metastasis is also more consistent with patient disease [62]. Lastly, the gene
expression profile of the cells used in the tumour model should accurately reflect native
conditions, especially for relevant drug or ligand targets [63]. While no mouse model will
perfectly reconstruct the patient’s tumour, a well-designed experiment allows for better

comparisons and evaluations to be made.

1.4 Polymeric Micelles

The studies presented here will focus attention on polymeric micelles and the recent strategies to
bioengineer them for use as more efficient drug delivery systems. Specifically, this thesis will
look at how chemical modifications of the core-forming polymer chains can be used to increase

drug loading and in vivo stability. Moreover, we will also examine how functional groups can be
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incorporated into the micelle corona for selective coupling to active targeting motifs using click-

based reactions in a biorthogonal manner.

1.4.1 Self-Assembly

Polymeric micelles have been engineered in a number of ways for use as drug delivery platforms
[64], [65]. Typically, these structures are comprised of amphiphilic polymers that self-assemble
under specific conditions to yield micellar nanostructures that can be easily manipulated and
handled in aqueous solutions [66]. Micelle properties can be tuned chemically to alter size, shape
and composition [67]. Selective modification is a key facet to engineering polymeric micelles
suitable for drug delivery applications where one needs to ultimately administer clinically
relevant doses of a therapeutic to the disease site in a manner that limits toxic exposure. Some of
the required features for a drug delivery system are biocompatibility (non-toxic), sustained
stability under relevant in vivo conditions and selective delivery to diseased cells or tissue. These
requisite features rely on specific physicochemical properties and can be implemented into the

micelle design using recent advances in polymer and functional group chemistries [68].

As shown in Figure 1.3, micelle formation is dependent on the chemical nature of each
hydrophilic (blue) and hydrophobic (grey) block, solvent composition and concentration [66]. In
addition, the amphiphilic polymer can be comprised of either a linear or graft copolymer.
Micellization is an entropically driven process based on an equilibrium between attractive and
repulsive forces [69]. These forces are mainly hydrophobic in nature, with non-polar segments of
the polymer backbone decreasing contact with water. Typical materials used in the hydrophobic
block include polyesters (e.g. poly(lactic acid), poly(lactic-co-glycolic acid), poly(caprolactone)),
polyimines (e.g. polyethyleneimine) and poly-amino acids (e.g. poly(aspartic acid)) [70]-[72].
These well-studied polymers are generally considered biocompatible, which makes them
versatile components for drug delivery systems. Most amphiphilic polymers use PEG as their
hydrophilic block. PEG has been approved by the FDA for clinical use and is used in a wide
range of applications [73]. Alternative hydrophilic polymers to PEG include N-(2-
hydroxypropyl)-methacrylamide (HPMA) and poly(acrylic acid) [65].
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Figure 1.3: Amphiphilic polymers can be synthesized using a variety of chemistries and

subsequently self-assembled into well-defined micelles. Each fully assembled micelle thus

consists of a hydrophobic core and hydrophilic corona.

The micelles generated from these amphiphilic polymers are thus comprised of a hydrophobic

interior (‘core’) and hydrophilic periphery (‘corona’). The functional capacity for these

nanosized structures stems from the unique properties inherent to these domains. The core can be

used to selectively encapsulate hydrophobic drugs, while the hydrophilic corona ensures

solubility and stability under the aqueous conditions required for in vivo administration. Overall,

strategic chemical transformation of the core and/or corona can be used to better engineer drug

loading, biodistribution and cellular targeting properties of polymeric micelle drug delivery

systems.
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1.4.2 Micelle Stability

Micelles are not static structures and changes in the environment, such as the presence of a
hydrophobic drug, can dramatically change their characteristics. The thermodynamic stability is
indicative of how the micelles form and reach equilibrium, while the kinetic stability describes
the details of polymer exchange and micelle disassembly [74]. While the thermodynamic
stability gives information about the critical micelle concentration (CMC), the kinetic stability is
indicative of the rate of dissociation below the CMC, an important parameter for the use of
micelles in vivo. Fast dissociation occurs when the dilution is below the CMC in the bloodstream
and the nanoparticles immediately fall apart. If the dissociation is slow, a nanoparticle may stay
intact long enough for it to reach its target within the body. Thus, the kinetic stability has

significant implications for the efficacy of a polymeric micelle delivery system [74].

Efforts have been made to improve the long-term stability of micelles by cross-linking the core
post-micellization. While this approach has shown some success, the drug loading of these
micelles is generally low and crosslinking naturally reduces the mobility of the hydrophilic
segments making the particles larger [75]. Thermodynamic modeling of drug loading in the
micelle core has shown that it is limited by three parameters: the block copolymers size, the
interaction parameter between the drug and the hydrophobic core, and the interfacial tension

between the core and the corona [76].

1.5 Corona Modifications to Improve Stability and Targeting

The focus of this section is on polymer and micelle modification on the hydrophilic exterior,
with concomitant installation of ligands that actively target receptors expressed on the cell
surface of diseased cells [70]. The corona of the polymeric micelle directs its interactions and

biological activity in vivo, making its design critical for effective delivery to the tumour.

1.5.1 Surface Chemistry

The surface of the micelle is a critical design parameter for polymeric micelles as it will
ultimately determine the particle’s fate in vivo. More specifically, the surface will dictate the
interactions between the particle and the blood components (e.g. proteins, salt, cells)
immediately upon intravenous injection, giving the particle a distinct “biological identity” [77].

This biological identity is what the cell encounters in vivo and may significantly change the
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particle’s transport and clearance. The majority of nanoparticles (including polymeric micelles)
have an outer layer of polyethylene glycol (PEG) to increase their blood circulation time. PEG
works by minimizing protein adsorption, and reducing uptake by the mononuclear phagocyte
system (MPS) [78], [79]. Chan et al. showed, in an elegant study with gold nanoparticles, that an
increased PEG density reduces protein adsorption and shifts to a serum-independent mechanism
of macrophage uptake [77]. Interestingly, they showed in a later study that they could modify the
protein corona fingerprint by changing the surface chemistry of the particles [80]. Increasing the
serum half-life of particles by reducing uptake via immune cells is critical for accumulation at

the tumour site.

The PEG density also significantly changes the distribution of particles. Work from Hanes et al.
showed that densely coating particles with PEG reduces adhesive interactions with cells,
allowing greater penetration through tissues including the brain [81], [82]. This could also have
implications at the tumour site, where penetration through the tumour microenvironment allows
better delivery of the cargo and can lead to a more efficacious response [41], [83], [84].
Polymeric micelles are easily amenable to dense PEGylation due to facile chemistry and
flexibility with PEG molecular weights and branching. This hydrophilic corona is important not
just for mitigating the immune response, as described above, but for circumventing premature
release of cargo through interactions between the core with blood proteins [85]. By shielding the
hydrophobic core, the partitioning of a drug from the core to the hydrophobic pockets of proteins
is delayed.

1.5.2 Click Chemistry Conjugation Strategies

One of the primary challenges in designing micelle drug delivery systems is to accurately modify
the corona with small molecules or biomolecules to create multi-functional surfaces. These can
either be modified using physical adsorption or through covalent linkages, the latter of which is
desirable to maintain orientation and attachment of ligands in vivo. Engineering the shell can
also be done pre- or post-assembly of the amphiphilic polymers. This will depend mainly on the
system being used, the functional group compatibility and whether polymer modification alters
self-assembly. In general, the post-micelle modification strategy works well because the

hydrophilic segments remain accessible at the aqueous interface and self-assembly is not
hindered.
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Tuning surface chemistry and controlling the degree of labelling both require the incorporation
of functional groups that are capable of conjugating active targeting moieties. Coupling
conditions are especially important for classes of biomacromolecules (i.e., proteins), which
derive activity based on their specific topological folding. These molecules are sensitive to harsh
conditions, and their structure can be destroyed by the most common organic solvents.
Specifically, we focus here on functional groups that allow for both facile and orthogonal
reactivity under aqueous coupling conditions where biomacromolecules should remain stable and
optimally functional. As such, the use of biorthogonal chemistry is crucial to maintain activity
for polymeric micelle delivery systems. Classical bioconjugation chemistry, which includes
amidation reactions between amines and carboxyl groups, has been used extensively to modify
the polymeric micelle shell [86], [87]. Other chemistries include the highly specific biotin/avidin
and hydrazone formation[4]. While these approaches continue to find efficient use in micelle

functionalization, they can be less selective and lead to cross-reactivity or byproduct formation.

In 2001, Sharpless and co-workers introduced the concept of the ‘click’ reaction, which generally
refers to a reaction that is high yielding, produces few or no byproducts and contains functional
groups that minimally cross-react (especially with other common biological functional groups)
[88]. Two of the most popular reactions are based on existing chemistries: the Diels-Alder (DA)
and Huisgen 1,3-dipolar cycloadditions. Although thiol-ene and thiol-yne reactions do meet a
number of the main click criteria, conditions must be more tightly controlled to avoid cross-
product formation. However, the thiol-maleimide reaction continues to be a common means to
attach peptides or small molecules in a number of systems [89]. Click functional groups provide
chemoselective coupling routes that can be performed under relatively benign conditions and are
invaluable for introducing targeting ligands onto the polymeric micelle surface. A number of
excellent reviews have compiled the specific reaction conditions used for the above mentioned
coupling strategies and we focus here on two chemical conjugation strategies pertinent to this

thesis [90]-[93].

1.5.2.1 Diels-Alder Cycloaddition

The Diels-Alder (DA) [4+2] cycloaddition reaction has gained support as an effective strategy
for selective modification of various materials [94] and is well suited for surface
functionalization of polymeric micelles. The DA reaction couples an electron-rich conjugated

diene and electron-poor alkene (commonly referred to as a dienophile) to generate a stable
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cyclohexene ring (Figure 1.4a) [95]. This reaction is generally selective, with maleimide and
furan functional groups being two of the more common reactive precursors [95]. The reaction is
also thermally reversible (retro-DA), but typically requires temperatures greater than 100 °C.
This cycloaddition has been demonstrated to proceed rapidly and in high yield under mild

aqueous reaction conditions [94]. Additionally, no metal catalyst is required for the reaction to

proceed, which makes this coupling strategy attractive for in vivo drug delivery system design.

A)

Figure 1.4: A) An example of the transition-metal free [4+2] DA cycloaddition between
furan and maleimide functional groups. B) The high coupling efficiency of the DA reaction
was used to selectively couple furan groups on the corona of a polymeric micelle with

maleimide-modified antibodies [96].

An early example of polymeric micelles functionalized with DA cycloaddition chemistry
incorporated a furan diene into the polymeric corona (Figure 1.4b) [96]. Coupling could be
achieved between maleimide-modified antibodies (trastuzumab) and the furan functionalized
PEG units on the micelle corona. Although the antibody conjugation for this post-micelle
modification scheme proceeds efficiently (MES buffer, pH 5.5, 37 °C), a large number of furans
remain available for subsequent conjugation to small molecules. These immuno-polymeric

micelles were shown to specifically target HER2-over-expressing cells. The selectivity and mild
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coupling conditions for the DA cycloaddition make it an ideal reaction to engineer multi-

functional polymeric micelle drug delivery systems,

1.5.2.2 Thiol-Maleimide Michael Addition

One of the most common reactions for biomolecule conjugation is the Michael addition between
a free thiol and a maleimide group [97]. This chemistry works well in aqueous conditions at
neutral pH and like the DA reaction does not produce any by-products. Importantly, this
chemistry has orthogonal reactivity to biomacromolecules, such as proteins and peptides,
allowing them to retain their functionality. The efficiency of the reaction makes it well suited for
a variety of applications, including hydrogel synthesis, protein modification and nanoparticle
conjugation. This chemistry forms the basis of several protein conjugates, such as the
monoclonal antibody labelling with fluorescein shown in Figure 1.5 [29] and the two FDA-

approved antibody-drug conjugates, brentuximab vedotin and trastuzumab emtansine [98].
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Figure 1.5: Michael addition between a maleimide modified monoclonal antibody and thiol

conjugated fluorophore.

1.6 Core Modifications to Improve Drug Loading

Polymeric micelles are biocompatible and encapsulate hydrophobic chemotherapeutics within
their core making them a promising drug delivery system [99]. However, drug delivery by
polymeric micelles has been a challenging task due to poor stability and insufficient therapeutic
loading. Many of these challenges stem from a lack of understanding of the dynamics of the
micelle system and little characterization of the drug encapsulation mechanism [100]. Research
on polymeric micelles for drug delivery has been focused on the characterization of the micelle
itself and not necessarily on the interaction between the carrier and cargo. Specifically, polymers

are developed that have a very low CMC, a narrow polydispersity index (PDI) and a uniform



spherical morphology upon micellization [74]. After polymer optimization, small hydrophobic

drugs are encapsulated within the polymeric micelle for delivery to cells.

When a drug is introduced into the system it has a certain affinity for the core that dictates the
magnitude of its incorporation. This is described by the Flory-Huggins interaction parameter,

which evaluates the solubilization of a drug in the polymeric micelle,
Xscz(és'éc)z Vs /RT

where 05 and o, are Scatchard-Hildebrand solubility parameters of the drug and core-forming
polymer block respectively and Vs is the molar volume of the drug. A lower value indicates
greater compatibility between the drug and the core. This parameter suggests that there is no
universal polymer that can be used for every drug [101]. While hydrophobic interactions have
shown moderate drug loading (~10% w/w), facilitating drug-polymer interactions based on the
drug’s chemical structure allows for higher drug loading and greater micelle stability. Ideally,
delivery systems will have the high percent weight of drug while maintaining the

pharmacokinetic profile of the micelle.
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Introducing chemical functionalities into the core that can participate in non-covalent interactions

with a drug is an alternative strategy to improve both the drug loading and kinetic stability of the

micelle. A summary of these interactions is shown in Figure 1.6, and we will focus on some

specific examples herein.
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Figure 1.6: Schematic representation of various core interactions that can be incorporated

to both stabilize micelles and increase drug loading.

1.6.1 Hydrophobic Interactions

Most of the interest in improving the affinity of the drug for the core is focused on hydrophobic
interactions within the core of polymeric micelles. One of the fundamental ways to improve the
drug loading is to increase the proportion of hydrophobic to hydrophilic polymer blocks [101].
While this modification increases the cargo space, it also causes a reduction in stability due to
less shielding, causing the micelle to dissociate rapidly [102]. In order to evade a reduction in
stability, higher drug loading can be achieved by increasing the hydrophobicity of the core
without changing the ratio between the hydrophilic and hydrophobic blocks. This can be done by
using alternative core-forming blocks or by chemically modifying polymers with hydrophobic

functionalities.

Several groups have studied the differences in drug loading between poly(lactide) (PLA) and the
more hydrophobic poly(e-caprolactone) (PCL) cores with PEG coronas. Dormidontova et al.
investigated the difference in loading of either doxorubicin or B-lapachone[102]. The core
influenced the release kinetics of the drugs both experimentally and through modeling. The
release rate of the drugs was significantly slower due to the increased hydrophobic PCL core,
while the drug loading was significantly higher. A detailed explanation of this effect was recently

described by Inoue et al., who showed using differential scanning calorimetry, wide angle x-ray
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scattering and ultraviolet spectroscopy analyses the variations of interactions between these
polymers and a hydrophobic drug, quercetin [103]. These techniques showed that interactions
were limited to the hydrophobic core in PCL-PEG polymers, while the drug interacted with both

the core and the corona in the more hydrophilic PLA-PEG formulation.

Hydrophobic effects can be further exploited by either post-functionalizing polymers or
incorporating a modified monomer into their hydrophobic polymer block. Hedrick et al. used a
PEG-poly(trimethylene carbonate) (PTMC) with several cholesteryl 2-(5-methyl-2-oxo-1,3-
dioxane-5-carboxyloyloxy)ethyl carbamate groups incorporated in order to improve micelle
formulations of paclitaxel. Polymers with incorporated cholesterol groups gave micelles with
high paclitaxel loadings of around 15% and exceptional kinetic stability [104]. An alternative
strategy to improve formulations of paclitaxel came from Hammond et al., who post-
functionalized a poly(propargyl-L-glutamate) with six different hydrophobic side groups. They
found that these modifications improved the drug loading, but more importantly had a dramatic
impact on the particle stability in blood. Polar side chains led to higher CMC values, but also
showed enhanced kinetic stability in the presence of serum proteins [105]. Together, these results
suggest that post-functionalization can augment the drug loading and stability of polymeric

micelles.

1.6.2 Core Crystallinity and Pi-Pi Stacking

While increasing the hydrophobicity of the core is a general strategy that will increase the
loading of a wide range of hydrophobic drugs, recent strategies have focused on facilitating
specific interactions between a drug and the core based on the chemical groups in the small
molecule. One of the most explored interactions is pi-pi stacking to establish core crystallinity.
The earliest example came from Kataoka et al., who conjugated doxorubicin to a polyaspartic
acid-PEG to form the polymeric micelle NK9/17 [106]. Although the conjugated doxorubicin
showed no anti-tumour activity, free doxorubicin was entrapped within the hydrophobic core due
to stacking interactions with the conjugated drug. These interactions give a gradual release of
free drug over a 24 h period. Drug-drug stacking approaches have been applied to other polymers
and drugs, including docetaxel [107], [108] and paclitaxel [ 109] with some success. The balance
of conjugated drug to hydrophobic polymer is delicate and thus when taxanes are conjugated

directly to polymers, the CMC increases causing rapid dissociation upon dilution [107].
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In an effort to enable specific pi-pi stacking interactions, polymers with aromatic groups can be
used. Hennink et al. have synthesized analogues of poly(2-hydroxypropyl) methacrylaminde
(P(HPMA))-PEG with either benzoyl or naphthoyl groups to form polymeric micelles with the
drugs paclitaxel and docetaxel [110]. Micelles formed showed very high drug loading (>30 wt%)
and increased stability. Using solid state NMR spectroscopy, these improved features were
attributed to pi-pi stacking between the aromatic rings on the drugs and those appended to the
polymers. A similar strategy was used by Zhang et al. to improve doxorubicin loading in a PEG-
polyamide amine micelle. Incorporating phenyl groups onto the hydrophobic segment of the
copolymer enabled pi-pi stacking and increased drug loading up to 25 wt% [111]. Overall, the
facilitation of more specific intermolecular interactions increases loading without jeopardizing

the stability of the system.

1.6.3 Colloidal Drug Aggregation

We and others have observed that a subset of small molecule drugs self-assemble in aqueous
media to form colloidal aggregates [112]-[116]. The intrinsic physicochemical properties of
these drugs were considered a nuisance in early drug discovery due to artifactual results in
biochemical and cell-based assays [117], [118]. Recent efforts to modify small molecules and
facilitate self-assembly have proven to be a successful strategy for preparing nanoparticles with
high loading that can be used in vivo [119]. Unlike the crystalline core of the particles described
in the previous section, colloidal aggregation leads to the formation of amorphous liquid-liquid
phase-separated particles that can be further stabilized with the addition of small volumes of
surfactants or dye molecules [115], [120], [121]. Work by Couvreur et al. enabled the formation
of an efficacious doxorubicin aggregate through the conjugation of a squalene tail. The
squalenoyl doxorubicin assembled to form a 130 nm loop-train aggregate that was efficacious
against a murine lung tumour model and prevented the cardiotoxicity typically associated with
this drug [122]. A similar approach was used by Yan et al., who modified irinotecan with

chlorambucil to make an amphiphilic drug conjugate [123].

While significant attention has been placed on the synthesis of self-assembling pro-drugs, few
attempts have been made to use aggregates of drugs that innately self-assemble, potentially due
to the lack of stability and predictability of these systems [113], [121]. In this thesis we
investigate the use of polymers to stabilize these colloidal aggregates to form particles with high

drug loading without chemical modification to the polymer or drug itself.
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1.6.4 Electrostatic Interactions

Additional intermolecular interactions can increase the compatibility of a drug for the core as
well as improve the core stability without covalent modifications that may influence the particle
properties. Electrostatic interactions within the core can provide a sustained release profile of a
specific drug and improve structural stability [124], [125]. By incorporating an opposing charge
on the hydrophobic polymer, weak charges on small molecules are stabilized. Borsali et al.
showed specific interactions between a poly([2-dialkylamino)ethyl methacrylate] core and
several drugs with weak carboxylic acid groups, including ibuprofen and indomethacin [125]. 'H

NMR measurements confirmed acid-base interactions and improved loading capacities.

Acid functionalized polymers, such as poly(aspartic acid) or acid functionalized polycarbonates,
are stabilized with the addition of cations during the micellization process to increase drug
loadings and prevent burst releases [126]-[128]. Acid-functionalized polycarbonates have been
used extensively in the Hedrick and Yang labs for the incorporation of amine-containing drugs
through acid-base interactions [128]. Specifically, the anti-cancer drugs daunorubicin, tamoxifen,
imatinib and doxorubicin, all of which contain amines, have been incorporated with drug
loadings up to 35%. While the presence of the acids does increase the CMC due to a reduction in
hydrophobicity, incorporating urea-containing polycarbonates to form mixed micelles provides

enhanced stability within the core through hydrogen bonding[128].

Incorporating hydrogen bond donors and acceptors into the polymer can facilitate improved drug
loading and stability, as has been shown through molecular dynamics simulation of cucurbitacin
and polycaprolactone [129]. An increase in hydrogen bonds between the drug and the polymer
decreases the Flory-Huggins interaction parameters, thereby increasing the drug solubility within
the core. While this and other strategies have proven to be effective for improving drug loading
over conventional micelle systems, the incorporation groups that can participate in more drug
specific interactions may enable loadings above 20 wt%, allowing for lower polymer

concentrations via intravenous injections.

1.7 P(LA-co-TMCC)-g-PEG graft copolymer

The polymer used in this research comprises a hydrophobic copolymer backbone and a

hydrophilic graft that forms a unique co-polymer, poly(D,L-lactide-co- 2-methyl-2-carboxy-
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trimethylene carbonate)-graft-poly(ethylene glycol)-furan or P(LA-co-TMCC)-g-PEG-furan.
The components of this polymer are well known to the FDA and have been used for many years
in medicine with composition-controlled degradation [130]. Due to its amphiphilicity, the
polymer is able to self-assemble in water to form stable micelles (nanoparticles) that can
encapsulate poorly soluble and systemically toxic chemotherapeutics such as docetaxel [131].

The structure of P(TMCC-co-LA)-g-PEG-furan is shown in Figure 1.7.
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Figure 1.7: Structure of P(LA-co-TMCC)-g-PEG-furan, displayed with 1 PEG/backbone.
This polymer is a random copolymer comprised of lactide (90%) and TMCC (10%).

The P(LA-co-TMCC) synthesis is catalyzed using a thiourea organocatalyst for the ring opening
polymerization of D,L-lactide and TMCC-Bn with a pyrenebutanol initiator [132]. This catalyst
was developed in the Hedrick lab for the preparation of polylactides with low polydispersity and
avoids the use of toxic metal catalysts [133]. Reactivity ratios (r.a=1.1, rrmec=0.072) predict that
our copolymer will be statistical in nature, with enriched lactide repeats [132]. After deprotection
of the benzyl ester of the TMCC, a carboxylic acid is produced. Furan-PEG-amine is conjugated

onto the backbone using carbodiimide chemistry, producing a polymer with graft morphology.

This novel polymer offers many advantages over traditionally used polymers for micelles. The
low CMC (0.26 uM) of this polymer suggests good thermodynamic stability and less
susceptibility to dilution upon injection in vivo [132]. End group modification of the PEG with a
furan allows for conjugation of biomolecules using DA click chemistry [55], [134], [135]. DA is

advantageous as it can be done in aqueous conditions producing high yields and no byproducts
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[136]. Previous work showed that maleimide-furan chemistry could be used to conjugate
trastuzumab onto the surface of particles for targeted delivery to breast cancer cells. P(LA-co-
TMCC)-g-PEG micelles loaded with DTX (4.2wt%) achieved greater tumour retention compared
to the conventional ethanolic polysorbate 80 formulation [131]; however the efficacy of this
system could not be assessed due to insufficient drug loading. The free carboxylic acids on the
TMCC units allow for subsequent polymer modifications not possible with traditional linear
polymers which do not bear functional groups along the chain, including modifications to

increase the drug loading and stability over previous formulations.
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2 PEG graft density controls polymeric nanomicelle
stability

*This chapter was published in Chemistry of Materials.

Logie, J., Owen, S.C., McLaughlin, C.K., and Shoichet, M.S. (2014) PEG-graft density controls
polymeric nanoparticle micelle stability. Chemistry of Materials. 26: 2847-2855.

Reprinted with permission from the American Chemical Society. J.L., S.C.O., C.K.M. and M.S.S.
designed research; J.L. performed research and analyzed data; and J.L. and M.S.S. wrote and edited the
manuscript.

2.1 Abstract

Polymeric nanoparticle micelles typically comprise amphiphilic block copolymers, having a
hydrophobic core that is useful for chemotherapeutic encapsulation, and a hydrophilic corona for
aqueous stability. Formulations often require the use of excipients to overcome poor particle
stability, yet these excipients can be cytotoxic. In order to create a stable polymeric nanoparticle
micelle without the use of excipients, we investigate a series of amphiphilic polymers where the
hydrophobic core composition and molar mass is maintained and the hydrophilic corona is
varied. With the graft copolymer, poly(D,L-lactide-co-2-methyl-2-
carboxytrimethylenecarbonate)-g-poly(ethylene glycol) (P(LA-co-TMCC)-g-PEG), we
demonstrate how PEG density can be tuned to improve the stability of the resulting self-
assembled micelle. Increased PEG density leads to micelles that resist aggregation during
lyophilization, allowing resuspension in aqueous media with narrow distribution. Furthermore,
high PEG density micelles resist dissociation in serum protein containing media, with almost no
dissociation seen in serum after 72 h. By changing the number of PEG chains per polymer
backbone from 0.5 to 6, we observe increased stability of the nanoparticle micelles. All
formulations are cytocompatible, as measured with MDA-MB-231 cells, and show no evidence
for hemolysis, as measured with red blood cells. Importantly, PEG density does not impact drug
loading within the nanoparticle micelle core, as demonstrated with the potent chemotherapeutic
drug, docetaxel, confirming the role of the hydrophobic core for encapsulation. The surface

properties of the polymeric nanoparticle micelles can thus be selectively modulated by variation
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in PEG density, which in turn influences stability, obviates the need for excipients and provides

key insights into the design of drug delivery platforms.

2.2 Introduction

Polymeric nanoparticle micelles have garnered significant attention over the past 20 years for
targeted delivery of potent chemotherapeutics in cancer. Amphiphilic copolymers self-assemble
in aqueous solution to have a hydrophobic core, in which hydrophobic small molecule drugs are
encapsulated, and a hydrophilic corona, which provides stability in aqueous solutions. Given
that chemotherapeutics are normally administered in dose-limiting organic solvents and
surfactants, polymeric micelles provide a safer alternative for drug delivery by allowing
increased dosing levels, prolonged systemic circulation, and greater tumour accumulation
through the enhanced permeability and retention (EPR) effect [37], [137]. Ideally, micelles are
monodisperse, <200 nm in diameter, and stable to dilution in the presence of proteins [34], [138].
Notwithstanding the many polymeric micelle formulations that have been studied, many have

poor stability both in vitro and in vivo [37], [52], [137], [139].

The most common polymers used in nanoparticle micelles comprise a biocompatible
hydrophobic block (e.g., poly(lactic acid), poly(caprolactone), poly(aspartic acid), poly(lactic-co-
glycolic acid)) and a biocompatible hydrophilic block, usually poly(ethylene glycol) (PEG) [54],
[140], [141]. For decades PEG has been the polymer of choice for a variety of biomedical
applications [142], [143]. It is used clinically in a number of protein formulations to prevent
premature clearance by the mononuclear phagocyte system and has been shown to be
bioresorbable [73], [144], [145]. Several studies have also demonstrated limited protein
adsorption and opsonization of PEG-modified nanoparticles - especially those used in solid
particle platforms [77], [79], [146]-[150]. We designed a novel, biocompatible graft polymer of
poly(D,L-lactide-co-2-methyl-2-carboxytrimethylene carbonate)-g-poly(ethylene glycol) (P(LA-
co-TMCC)-g-PEG) that self-assembles into micelles in aqueous solution [132], [151]. The graft
polymer design exhibits a low critical micelle concentration (CMC) and can be easily modified
with functional groups for conjugation of targeting antibodies and peptides by click chemistry,

thereby enabling receptor-mediated endocytosis [135], [151], [152].
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Polymeric micelle stability is of critical importance during storage, handling and clinical use.
Insight into thermodynamic stability can be gained by investigating the CMC and freeze-drying,
while insight into kinetic stability can be tested with dynamic studies. Many polymeric micelle
formulations are unstable under freeze-drying conditions, requiring the addition of excipients.
For example, excipients can prevent nanoparticle fusion by inter-particle bridging during the
freeze-drying process, yet can themselves be toxic, dose-limiting and thus ultimately undesirable
[6], [7], [153], [154]. To avoid the use of excipients, polymeric micelle formulations are prepared
immediately prior to use or stored in aqueous solutions, but this is impractical and limits dosing.
Despite the importance of polymeric micelle stability in circulation and the wide use of PEG in
amphiphilic copolymers, it is surprising that there are few studies that investigate the effect of

PEG density on lyophilization and serum stability of micelles [79], [146], [148], [155].

Polymeric micelles used clinically must remain stable after intravenous (IV) injection in order to
be useful for targeted delivery. Upon IV injection, micelles are subject to a number of
environmental changes including changes in salt concentration, significant dilution and contact
with serum proteins. The CMC, the fundamental parameter of thermodynamic stability, is largely
influenced by hydrophobic interactions of the amphiphilic polymer [69]. Polymeric micelles
often have CMCs in the micromolar concentration range, yet these are often measured in water,
which does not accurately reflect the complexity of serum. Polymeric micelles with lower CMCs
are more stable with respect to dilution; however, CMC does not always accurately reflect how
quickly the micelles will dissociate under environmental influences. The kinetic stability of a
micelle reflects its behaviour over time and during disassembly - a property that dramatically
shifts with environmental changes. Micelle kinetic stability has been measured under
physiological conditions by methods including FRET and conjugation of fluorogenic probes in
the presence of serum proteins [155]-[159]. Although these experiments provide valuable insight
into the rate of degradation of the micelles, the external probe itself may change the apparent
stability of the formulation. Hammond and co-workers recently reported a probe-free strategy to
assess the inherent kinetic stability of micelles in the presence of serum using size exclusion

chromatography [37], [105], [137].

Herein, we describe a newly designed amphiphilic polymeric nanoparticle micelle with both high
thermodynamic and kinetic stability. Our P(LA-co-TMCC)-g-PEG polymers are comprised of a

gradient backbone of lactide and 2-methyl-2-carboxytrimethylene carbonate (comprised of 90%
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LA and 10% TMCC) and grafted PEG chains (grafting is controlled to between 5 and 50% of
TMCC backbone repeat units). With control of the graft chemistry, the number of PEG chains
conjugated to the hydrophobic backbone is tuned, thereby providing a platform with which to
investigate the role of PEG density on micelle stability. Using PEG of molar mass 10 kg/mol, we
synthesized amphiphilic polymers having an average of 0.5-6 PEG chains per backbone, the
molar mass of which is 12 kg/mol. We demonstrate the benefits of increased PEG density on the
long-term storage and handling of micelles and under physiologically relevant conditions. These
self-assembled polymeric micelles have a narrow size distribution, similar to other block
copolymer amphiphilic polymeric micelles, yet have the advantage of allowing the number of
PEG chains along the polymer backbone to be easily varied [109], [110], [127], [156], [160].
This approach provides key insights into design elements of other polymeric nanoparticle
micelles. As proof of concept for use in drug delivery, we demonstrate the capacity of these
polymeric micelles to encapsulate docetaxel, a potent chemotherapeutic anticancer drug with

poor water solubility.

2.3 Materials and Methods

2.3.1 Materials

All solvents and reagents were purchased from Sigma Aldrich and used as received unless
otherwise noted. Synthesis of 5-methyl-5-benzyloxycarbonyl-1,3-trimethylene carbonate
(TMCC-Bn) was carried out as previously reported [96]. .3,6-dimethyl-1,4-dioxane-2,5-dione
(Sigma Aldrich, St. Louis, MO) and 1-[3,5-bis-(trifluromethyl)phenyl]—3-[(1R,2R)-(-)-
2(dimethylamino)cyclohexyl] thiourea (Strem Chemicals, Newburyport, MA) were used as
received in the synthesis of P(LA-co-TMCC). Boc-NH-PEG(10K)-NHS (Rapp Polymere,
Tubingen, Germany) was modified according to previously published protocols [96], [135].

2.3.2 Instruments

'H NMRs were recorded at 400 MHz at room temperature using a Varian Mercury 400
spectrometer. The chemical shifts (5) are in ppm. Molecular weights and polydispersity of P(LA-
co-TMCC) were measured by gel permeation chromatography (GPC) in THF (containing 0.25%

tetrabutyl ammonium bromide) relative to polystyrene standards at room temperature on a
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Waters 515 HPLC pump with a RI detector (VE3580) and a UV detector (KNAUER 2500) at a
flow rate of 0.6 mL/min. Fluorescence and absorbance measurements were performed with the
Tecan Infinite M200 Pro fluorescent plate reader. Serum stability studies were performed using a
GE AKTA Purifier 10 Fast Protein Liquid Chromatography System equipped with a UV900
monitor. Docetaxel quantification was determined using an Agilent 1100 HPLC equipped with
an AB Sciex API 4000 triple quadropole mass spectrometer with electrospray ionization source

detector.

2.3.3 Synthesis of poly(D,L-lactide-co-2-methyl-2-carboxytrimethylene

carbonate)-g-polyethylene glycol-furan

P(LA-co-TMCC) was synthesized as previously described [132]. The copolymer (100 mg) was
dissolved in DMF (5 mL). N,N’-diisopropylcarbodiimide (DIC, 100 uL) and
hydroxybenzotriazole (HOBt, 16.88 mg) were added and the solution was stirred for 30 min at
room temperature. NH,-PEG-furan (10 kg/mol) was dissolved in 5 mL of DMF and added to the
copolymer solution under argon. Varying equivalents (3-12) of PEG to backbone polymer were
used to achieve the different graft densities. The reaction was stirred at room temperature for 24
h, after which 500 uL of borate buffer (pH 9, 500 mM) was added and the solution was dialyzed
against distilled water. Unreacted PEG was removed using a Sepharose CL-4B column
equilibrated with distilled water. Collected fractions with polymer were combined and
lyophilized to give a white solid (~60% yield). '"H NMR (CDCls): §1.23 (m, CH; from TMCC),
1.57 (m, CH3 from LA), 3.64 (bs, PEG), 4.34 (m, methylene from TMCC), and 5.16 (m, CH
from LA).

2.3.4 Micelle preparation

Micelles were prepared by self-assembly in water as previously described [132]. P(LA-co-
TMCC)-g-PEG (4 mg) was dissolved in DMF (1 mL). 50 uL of borate buffer (pH 9, 500 mM)
was added and the solution was left at room temperature for 15 min. 0.5 mL of distilled water
was added drop wise at a rate of ~1 drop per 3 s. The solution was dialyzed against distilled

water for 24 h, changing the water six times (dialysis membrane: MWCO of 2 kg/mol).
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2.3.5 Lyophilization

Polymeric micelles (1.2 mg/mL in water) were prepared and flash frozen in liquid nitrogen with
and without the addition of pluronic-F68 (P68) at 0.2 w/w polymer/excipient prior to
lyophilization. After freeze-drying, formulations were resuspended in water to their original

concentration and characterized by DLS.
2.3.6 Dynamic light scattering (DLS) and zeta potential

The hydrodynamic diameter and zeta potential of micelles was determined using a Malvern
Zetasizer Nano ZS, equipped with a 4 mW, 633 nm laser. All samples were prepared at a
concentration of 1 mg/mL and filtered through a NY-0.45 um filter (Progene, QC, Canada) prior
to use. Measurements were carried out at 25 °C. Hydrodynamic diameter was measured in
polystyrene cuvettes (Kiivetten, Germany). Hydrodynamic diameters (d;) were calculated from
the Stokes-Einstein equation d,= kp7/37nD, where k3 is the Boltzmann constant, 7 is the
absolute temperature, 7 is the solvent viscosity and D is the diffusion coefficient. The
autocorrelation functions of the scattered intensity were analyzed by means of the cumulant
method to yield the effective diffusion coefficient (D) as a function of the scattered angle. The
average of 3-5 individual samples with 36 runs each is reported. Zeta potential was measured
using folded capillary cells (Malvern, DTS 1060). The average of three individual samples,

prepared under the same conditions with 36 runs each is reported.

2.3.7 Transmission electron microscopy (TEM)

TEM images were obtained with a Hitachi H-7000 conventional transmission electron
microscope operated at 75 kV. Samples were prepared by placing three drops of particle solution
at a concentration of 1 mg/mL in distilled water on a 400 mesh ultrathin carbon film on holey
carbon support film copper grid (Ted Pella, Redding, CA). No heavy metal staining agents were
used in grid preparation. The water was allowed to evaporate at room temperature prior to
imaging. Particles were sized using ImageJ software, with sizes being an average of three

individual batches, prepared under the same conditions with 10 particle measurements each.
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2.3.8 CMC measurement

Critical micelle concentrations of polymers in PBS (1x, pH 7.4) were determined using the
standard pyrene procedure [161]. Briefly, 100 uL of pyrene solution (2 pg/mL in acetone) was
added into glass vials. Acetone was allowed to evaporate overnight to form a pyrene film. 1 mL
of polymer solution (from 0.1 pg/mL to 250 pg/mL in 1x PBS) was added into each vial and
incubated for 24 h at room temperature while shaking. The fluorescence intensity was measured
(excitation at 340 nm, emission 390 nm) as a function of polymer concentration. Micellization
causes an abrupt change in quantum yield as the pyrene partitions into the hydrophobic core of

micelles and its fluorescence intensity shifts.
2.3.9 Polymer hemolysis and cytotoxicity assays

Hemolysis assays were performed following Hoffman’s standard procedure [162]. Briefly, blood
was collected from a human donor in 4 mL vacutainers coated with EDTA (BD Biosciences,
Mississauga, ON). Serum was removed by centrifugation at 1500 rpm for 10 min. The whole
blood was washed with 150 mM NaCl three times. After removing NaCl, the sample was
increased to its original sample volume with 100 mM phosphate buffer at pH 7.4. The red blood
cell solution was diluted 10x with phosphate buffer to give a suspension of 5 x 10 RBC/mL and
used immediately. Micelle solutions were diluted with phosphate buffer to a total volume of 800
uL and mixed with 200 uLL RBC solution to achieve final polymer concentrations of 1000, 800,
500, 250, 130, 65 and 33 pg/mL. After incubation for 1 h at 37°C with mixing, solutions were
centrifuged for 5 min at 5000 rpm. The supernatant was collected and the absorbance of lysed,
oxygen-saturated hemoglobin was measured at 541 nm. For negative controls, red blood cells
were incubated with 800 pL of phosphate buffer (PB, 100 mM) or 0.5 mg/mL dextran (60 kDa)
to ensure that the polymeric material did not affect membrane integrity. For positive controls, red
blood cells were incubated with deionized water or 1% Triton X-100, both of which are known
to rupture membranes. The percent hemolysis was calculated according to the following
equation:

Abs (sample) — Abs (blank PB)

. Jvsis = 1009
Yo lemolysis Abs (positive control) — Abs (negative control) % &
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For cytotoxicity assays, polymeric micelles (at 50 ug/mL polymer concentration) were incubated
for 5 h with MDA-MB-231 cells seeded overnight in 96 well plates at a density of 1 x 10
cells/well in serum containing media. MDA-MB-231 were maintained (<8 passages) in RPMI
1640 growth medium supplemented with 10% FBS, 10 pg/mL penicillin and 10 pg/mL
streptomycin. Lactate dehydrogenase assays were performed following the Roche procedure to
determine cytotoxicity of polymers (Roche Applied Science, Laval, QC). The cytotoxicity was
calculated relative to a positive control (2% Triton-X) and a negative control (cells alone) based
on the absorbance of the samples at 490 nm. The experiment was repeated three times, with four
wells per experiment for each polymer formulation.

experimental value — negative control

% cytotoxicity = — - X 100%
positive control — negative control

2.3.10 Serum stability

Stability was assessed using Fast Protein Liquid Chromatography in a method adapted from
Hammond et al [105]. Samples were run through a Superdex 200 gel filtration column with a
flow rate of 1 mL/min and 1x PBS (pH 7.4) as the mobile phase. Micelles at a concentration of 1
mg/mL in 1x PBS were incubated with 20% fetal bovine serum (FBS, HyClone, Thermo
Scientific). At specific time points after incubation with serum (0, 6, 24, 48 and 72 h), 500 uL
aliquots were removed and injected onto the column. Elution peak areas were calculated using

UNICORN software version 5.31.

2.3.11 Docetaxel loaded micelles

Docetaxel (DTX) loaded micelles were prepared using the same micellization procedure as
described above for polymer alone, except with the addition of 2.4 mg of DTX to the dissolved
polymer solution. Free DTX, which is insoluble in water and forms large aggregates, was
removed by filtration through a 0.45 um nylon filter. To determine drug loading, 10 uL of DTX-
loaded micelles were diluted 1000X into a 50:50 mixture of acetonitrile and water and analyzed
by high performance liquid chromatography coupled with tandem mass spectrometry (HPLC-
MS/MS). The drug loading was quantified by comparing to a DTX standard curve (3.125-200

ng/mL) using paclitaxel as an internal standard (100 ng/mL).



32

2.3.12 Statistics

All statistical analyses were performed using Graph Pad Prism version 5.00 for Macintosh
(Graph Pad Software, San Diego, California, www.graphpad.com). Differences among groups
were assessed by one-way ANOVA with Bonferroni post hoc correction to identify statistical
differences among three or more treatments. Alpha levels were set at 0.05 and a p-value of <0.05
was set as the criteria for statistical significance. Graphs are annotated where p-values are
represented as *p<0.05, **p<0.01 or ***p<0.001. All data are presented as mean + standard

deviation.

2.4 Results

2.4.1 Polymer synthesis and micellization

P(LA-co-TMCC) was synthesized by a ring opening polymerization of D,L-lactide and benzyl
protected TMCC (TMCC-Bn) using a pyrenebutanol initiator and a bifunctional thiourea catalyst
as shown in Scheme 2.1 [132]. The polymer backbone was characterized by GPC to have an M,
of 12,500 g/mol and a polydispersity index of 1.13 relative to polystyrene standards. '"H NMR
showed a composition of 10 mol% TMCC and 90 mol% LA by comparing the integration of
peaks at 4.33 ppm (27) and 5.17 ppm (123), respectively. After deprotection of the benzyl group
on TMCC, PEG was grafted onto the backbone using DIC and HOBt. The graft density was
controlled by varying the molar equivalents of PEG to the hydrophobic backbone. PEG density
was calculated by "H NMR (Figure 2.1) by comparing the proton peak associated with the
ethylene oxide of PEG (6 3.64 ppm) to that associated with the lactide of PLA (3 5.17 ppm). By
'H NMR, we observed no evidence of PLA backbone cleavage, demonstrating that NH,-PEG
reacted with activated TMCC esters, as expected. Seven batches of polymers were synthesized
with densities ranging from 0.5 to 6 PEGs per backbone (representing between 30-80 wt% of the
total polymer). A maximum density of 6 PEGs/backbone was obtained (representing 50% of the
free carboxylic acids along the backbone), with maximum conjugation likely due to steric

hindrance of the large molar mass PEG chains.
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Synthesis of P(LA-co-TMCC)-g-PEG followed by preparation of polymeric

micelles by dialysis. The co-polymer backbone is synthesized by a ring opening

polymerization of the monomers D,L-lactide and 5-methyl-5-benzyloxycarbonyl-1,3-

trimethylene carbonate (TMCC-Bn) initiated by 1-pyrenebutanol and catalyzed by a

bifunctional thiourea. Following benzyl deprotection by palladium-catalyzed

hydrogenolysis, bifunctional furan-polyethylene glycol-amine (NH,-PEG-furan) is grafted

onto P(LA-co-TMCC) using diisopropylcarbodiimide (DIC) and hydroxybenzotriazole
(HOBt) coupling chemistry. The resulting polymer is 90 mol% LA and 10 mol% TMCC,

up to half of which have PEG grafted thereon. Micelles were formed by a dialysis self-

assembly procedure against phosphate buffered saline (1x, PBS).
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Figure 2.1: '"H NMR of P(TMCC-co-LA)-g-PEG with ~6 PEG/backbone. '"H NMR (CDCl):
0 1.41 (m, CH; from TMCC), 1.57-1.59 (m, CH; from LA), 3.64 (t, CH; from PEG, satellite
peaks at 3.46 and 3.82), 4.32 (m, CH; from TMCC), 5.00-5.19 (m, CH from LA) and 6.23

(m, furan).

Micelles were formed by self-assembly whereby the water-insoluble P(LA-co-TMCC)-g-PEG is
dissolved in DMF and dialyzed against water [132], [151]. The process is likely entropically
driven; water molecules bound to the hydrophobic P(LA-co-TMCC) backbone are freed as the
backbone aggregates together to form the micelle core [74]. The hydrophilic PEG chains form
the micelle corona, thereby stabilizing the hydrophobic-hydrophilic interface by limiting the

interaction between the core and the aqueous solution [74].

2.4.2 Micelle lyophilization and resuspension

Since excipients, such as P68, have been shown to protect micelles against aggregation through
lyophilization [163], we studied lyophilization of our polymeric particles with and without P68
as a function of PEG substitution. Micelles with low PEG densities (i.e., 0.5 or 1 PEG/backbone)
form large polydisperse aggregates upon freeze-drying that cannot be disrupted by sonication to

polymeric micelles upon re-suspension in aqueous solutions. These low density PEG micelles
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require the addition of P68 for re-suspension after lyophilization, as shown in Figure 2.2 and

Figure 2.3.
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Figure 2.2: Effect of PEG density on nanoparticle micelle stability after lyophilization. (A)
As measured by dynamic light scattering, the percent change in diameter of polymeric
nanoparticle micelles upon reconstitution in aqueous solution after freeze-drying (89) with
or (H) without the excipient Pluronic-F68 (P68) (n=3, mean + standard deviation, ** p<

0.05, * p<0.01 determined by one way ANOVA and Bonferroni post-hoc test). (B) Size

distribution of high PEG (6 PEG/backbone) density nanoparticle micelles: (-.-) before
freeze-drying, (==#=) after freeze drying with the excipient P68 and (==ll=) after freeze

drying without excipients.
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Figure 2.3: Size distribution of low PEG (1 PEG/backbone) and medium PEG (3.5 PEG/bb)
density particles before (—) and after freeze-drying with (----) or without ( —— ) the
excipient P68.
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As the PEG density increases, the addition of P68 is unnecessary as freeze dried micelles are
resuspended to their original micelle size without evidence of aggregation. Micelles with

docetaxel encapsulated showed an identical trend, as shown in Figure 2.4.
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Figure 2.4: Effect of PEG density on nanoparticle micelle stability after lyophilization. As
measured by dynamic light scattering, the percent change in diameter of polymeric
nanoparticle micelles with DTX encapsulated upon reconstitution in aqueous solution after
freeze-drying (n=3, mean + standard deviation). A similar trend is observed between empty

nanoparticle micelles (Fig 2.2) and drug-loaded micelles shown here.

2.4.3 Micelle optimization

In order to better assess the influence of PEG density on nanoparticle micelle stability, three
micelle formulations were chosen for further characterization in terms of micelle diameter,
micelle size distribution/polydispersity and stability in protein rich aqueous solutions, as shown
in Table 2.1: 1 PEG/backbone (low PEG density), 3.5 PEG/backbone (medium PEG density),
and 6 PEG/backbone (high PEG density).
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Table 2.1: Characterization of low (1 PEG/backbone, bb), medium (3.5 PEG/bb) and high
(6 PEG/bb) PEG density polymers and micelles.

PEG Density | PEG/bb* M, (kg/mol)* | CMC (uM)" | N,y (x10%)° | Micelle
distribution’

Low 1 22 0.54+0.06 1.32 0.156

Medium 3.5 47 0.55+0.05 3.37 0.158

High 6 72 0.37+0.04 5.98 0.093

*Average PEG number per backbone and total polymer molar mass were obtained by 'H NMR. "CMC was measured by the pyrene method, n=4,

meanzstandard deviation °N,, is an estimate of the number of polymer chains aggregated in one micelle *Distribution of micelles in PBS is

determined by dynamic light scattering

The CMCs of polymers, summarized in Table 2.1, were determined using the standard pyrene
procedure as shown in Figure 2.5 [105], [161]. The CMCs of P(LA-co-TMCC)-g-PEG polymers
ranged from 0.37-0.54 uM, with the high PEG density polymer having the lowest CMC. The

trend in decreasing CMC and increasing aggregation number is attributed to the decrease in

carboxylic acids within the core, making the core more hydrophobic and reducing repulsion

between backbone polymer chains [132].

4000

y

w
a
o
S

3000
2500
2000
1500
1000 4
500

Fluorescence Intensit

y =-0.345In(x) + 983.71

R2 = 0.00087

y = 703.48In(x) - 680.38 *

R2?=0.96718

0.1

10

[Polymer] (ug/mL)

100

Figure 2.5: CMC determination using pyrene fluorescence intensity (excitation 340 nm,

emission 390 nm), where pyrene fluorescence changes as a function of its environment.

Representative graph shown with low PEG density (1 PEG/bb) polymer shown.
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The negative surface charge of polymeric micelles with low PEG density increased toward
neutral with increased PEG density, as measured by zeta potential (Figure 2.6A). There are two
contributing reasons for this phenomenon: (1) with increased PEG density there are fewer free
TMCC carboxylate ions within the core that normally contribute to the negative surface
potential; and (2) with increased PEG density, the remaining TMCC carboxylates within the core
are better shielded.

Size measurements by DLS and TEM showed an increase in diameter with an increase in PEG
density (Figure 2.6 B,C). TEM measurements were smaller than those by DLS, consistent with
the dehydrated state of the micelles when they are measured using this technique. Notably, low
PEG density micelles tended to aggregate during dehydration and form thin films making them
difficult to image, an effect that was not seen when dehydrating high PEG density micelles. Even
in areas of poor dispersion on the TEM grid, micelles of high PEG density polymers did not
flocculate or form thin films (Figure 2.6D). All polymeric micelles had diameters <150 nm,

suggesting that they are suitable for studies that rely on the EPR effect.
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Figure 2.6: Micelle characterization (A) Zeta potential measurements of micelles in water
at 1 mg/mL: zeta potential increases towards neutral with increased PEG density. (B)
Hydrodynamic diameter determined by DLS: polymeric nanoparticle micelle diameter
increases at high PEG density. (C) Nanoparticle micelle diameter measured by TEM
increases with increased PEG density. TEM diameters are less than DLS diameters because
TEM measures the dry state whereas DLS measures the hydrated state. (D) Representative
TEM image of high PEG density nanoparticle micelles clearly shows individual
nanoparticle micelles (scale bar is 100 nm). No heavy metal staining agents were used in
TEM image. For (A), (B), (C): n=3 independent batches of micelles, mean + standard
deviation, ** p<0.01 and ***p<0.001 by one-way ANOVA.

2.4.4 Hemolysis and cytocompatibility of polymeric micelles

P(LA-co-TMCC)-g-PEG micelles of low, medium and high PEG densities were evaluated for
hemolysis with red blood cells and cytotoxicity with metastatic breast cancer MDA-MB-231
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cells. Since common excipients to solubilize chemotherapeutics can cause undesirable side
effects, we wanted to ensure that the nanoparticles micelles themselves are not cytotoxic and are
good candidates for use as drug delivery vehicles. Micelles were incubated with human red blood
cells to check for hemolysis. All three formulations showed no hemolysis, as quantified relative
to the amount of heme released into pure water and detected by absorbance at 451 nm (Figure
2.7). Cytotoxicity was assessed by the lactate dehydrogenase (LDH) assay after incubation of the
micelles with MDA-MB-231 cells. All formulations showed no cytotoxicity relative to a positive
control (2% Triton-X) and a negative control (untreated cells) (Figure 2.7). These data

demonstrate that all three micelle formulations are cytocompatible.
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Figure 2.7: (a) Hemolytic activities of micelles (*low peg density, @ medium peg density
and A high peg density) as a function of polymer concentrations demonstrate that all
formulations are cytocompatible with red blood cells (under 0.2% hemolysis relative to a
positive control of DI water). (b) LDH cytotoxicity results. Cytotoxicity is calculated
relative to a high control (2% TritonX) and a low control (untreated cells) based on
absorbance of reagent at 490 nm. (n=3 independent experiments, mean + standard

deviation)

2.4.5 Kinetic stability

In order to assess the kinetic stability of micelles with varying PEG densities, micelles (1
mg/mL) were incubated in the presence of FBS (20 vol%) at 37 °C. 20% serum represents a
good proxy for both in vitro and in vivo studies, while still allowing micelles to be separated and
quantified by FPLC as a direct measure of their stability. At selected times, up to 72 h, the

micelles were separated from serum proteins using size exclusion chromatography (SEC) on a
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Superdex 200 column. The micelle stability was associated with the peak intensity at 280 nm at

12 mL eluant: a decrease in peak area indicates micelle dissociation.
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Figure 2.8: (A) SEC traces at 280 nm of high PEG density micelles incubated with 20 vol%
FBS for different time periods (— 0 h, —6 h, —24 h, —48 h, and — 72 h) at 37 °C show
clear separation of the polymeric nanomicelles (eluent at 12 mL) from FBS proteins (eluent

at 18 mL). (B) Change in peak area of micelles as a function of incubation time. Decrease
in peak area indicates micelle dissociation: ( =ll=) high PEG density micelles are the most
stable, followed by (=e=) medium and then (=#=) low PEG density micelles (n=4, mean =+

standard deviation, * p<0.05, ** p<0.01 by one-way ANOVA followed by Bonferroni post-
hoc test).

As shown in Figure 2.8a, the peak at 12 mL corresponds to the micelle peak, while the peak at 18
mL corresponds to the various serum proteins in FBS as well as dissociated, free polymer chains
(Figure 2.9). The micelle formulations were compared by relative micelle peak area over time, as
shown in Figure 2.8B. At high PEG density, the micelle peak did not change significantly as a
function of time (p>0.05), suggesting little micelle dissociation over the 72 h period. The low
PEG density micelle peak area decreased significantly over time due to the dissociation of
micelles in the presence of serum proteins, with no micelles detectable at 72 h. Linear regression
analysis shows that the slopes representing the dissociation of the three PEG density
formulations were significantly different (p<0.002). Significant differences were detected
between formulations at 24 (p<0.05), 48 and 72 h (p<0.01), while there was no significant
difference at 6 h. Half-lives of the formulations (i.e., when 50% of the micelles are dissociated)
were estimated by the time at which the micelle peak area had decreased to 50% of its initial

value. The low PEG density micelles have a half-life of 32 + 5 h and medium PEG density
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micelles have a half-life of 71 + 12 h. A half-life for the high PEG density micelles could not be
estimated over this time period, as the slope of the line for the decrease in peak area was not

significantly different from zero.
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Figure 2.9 Elution peaks of (A) nanoparticle micelles and (B) FBS showing background

absorbance intensity from FBS at 280 nm.

2.4.6 DTX loading

To understand whether these P(LA-co-TMCC)-g-PEG micelles would be effective drug delivery
vehicles, the loading of a hydrophobic chemotherapeutic, docetaxel, was assessed using HPLC-
MS/MS. There was no significant difference in terms of drug loading as a function of PEG
density (Figure 2.10A), suggesting that loading of this hydrophobic drug is dictated only by the
hydrophobic interactions within the core. Since the core molar mass and chemical structure were
not changed by PEG grafting density, the drug loading was constant for all formulations at
approximately 10 wt% relative to the hydrophobic core; however, when compared to the total

mass of the polymer micelle, percent loading necessarily decreases with increased PEG density
(Figure 2.10B).
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Figure 2.10 (A) Percent drug loading relative to the mass of the hydrophobic backbone,
P(LA-co-TMCC). The level of PEG density did not significantly affect the relative amount
of drug loaded per micelle (n=4, mean =+ standard deviation, p=0.15 by one-way ANOVA
between all groups) (B) While percent drug loading relative to the hydrophobic core is
unchanged for all three formulations with low, medium and high PEG density polymers,
when the total mass of the polymer micelle is considered, the percent loading decreases
relative to the mass of the total polymer, P(LA-co-TMCC)-g-PEG. (n=3, mean =+ standard
deviation, ** p<0.01 by one-way ANOVA followed by Bonferroni post-hoc test)

2.5 Discussion

PEG is known to prevent protein adsorption and particle opsonization, and for this reason has
been integrated into a variety of particle platforms intended for clinical use [164], [165]. Despite
the prevalence of PEG as the hydrophilic block in polymer micelles, there has been limited
research on the effect of PEG density on nanoparticle micelle stability, which is critical to their
ultimate success clinically. Several groups have shown the shielding effect associated with
increased PEG molecular weight, but even with high molecular weight PEG, polymeric micelles
often requires the use of excipients for stabilization [79], [153]. Composition of the copolymer
used here, P(LA-co-TMCC), provides a convenient platform to control the graft density of high
molecular weight PEG. In addition, PEG grafting to TMCC carboxylic acid groups can be
achieved throughout the backbone and is not limited to terminal polymer modification with

higher molecular weight or branched PEGs, as is required by other systems [79], [166]. This
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unique graft architecture allows us to control PEG conjugation along the polymer chain in order
to produce brush-like polymer morphologies that self-assemble into well-defined nanoparticle

micelles.

The ability to lyophilize micelles and resuspend them without aggregation enables dry product
storage, eliminating concerns of solution stability of polymer, micelle and drug. Numerous
micelle formulations have had limited use due to the necessity for fresh preparation prior to use
[167]. To overcome this, micelle syntheses often require the addition of excipients as stabilizers
for the freeze drying process, which increases both the complexity and potential cytotoxicity of
the formulation. Common excipients used to stabilize nanoparticle micelles are known to cause a
number of side effects such as rupturing cell membranes, hypersensitivity reactions, erythrocyte
aggregation and peripheral neuropathy [6], [168]-[170]. Moreover, PEG-based micelles are
particularly notorious for crystallizing during freeze drying, causing significant aggregation even
with the addition of polysaccharides [171], [172]. Prud’homme and colleagues successfully
lyophilized several different micelle formulations, including PLA-co-PEG, with the addition the
P68 [154]. In this study, we found that only the low PEG density P(LA-co-TMCC)-g-PEG
micelles required P68 in order to prevent aggregation of particles during lyophilization. P68 is a
block terpolymer of poly(ethylene oxide)-poly(propylene oxide)-poly(ethylene oxide), (PEO-
PPO-PEO). Its proposed mechanism of stabilization is based on the PPO adsorbing onto the
particle surface and the PEO intercalating between the nanoparticle micelle PEG chains, thereby
causing the PEG chains to adopt a more extended conformation [173]. This extended brush-like
conformation sterically stabilizes the particles [174]. Higher PEG densities incorporated into our
polymeric micelles appear to have the same effect as this excipient, but without the added
complexity and toxicity concerns associated with P68. The crowded surface prevents
coalescence at high polymer concentrations during freeze-drying, critical for re-suspension
without changes in either size or polydispersity. This effect was confirmed by TEM where high
PEG density micelles were easily imaged, even in areas of high polymer concentration on the
grid, as they maintained their structure without aggregating into a film. In summary, the
architecture of our copolymer facilitates the stabilization of micelles through both freeze-drying

and concentrating procedures.

Interestingly, all PEG density formulations had CMCs between 0.37 and 0.54 uM, suggesting

that they are thermodynamically stable. This is of particular interest considering the increase in
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hydrophilic PEG between formulations (from 30 to 80 wt%) - an effect which contrasts what is
seen in linear systems, where it has been shown that an increase in the length of the hydrophilic
block also increases the CMC [74]. Since all of our P(LA-co-TMCC)-g-PEG copolymers differ
only in the number of PEG chains, the low CMCs of all formulations suggest that micelle
thermodynamic stability is dictated not by the hydrophilic corona, but rather the length,
hydrophobicity and cohesion of the hydrophobic polymer within the core of our graft copolymers
[141],[175]. The CMCs of our polymers, measured using the standard pyrene method, are all
lower than Pluronics and many common amphiphilic polymers, such as PLA-PEG diblock
copolymers, indicating that they are less susceptible to disassembly upon dilution, which is key

for administration by intravenous injection [137].

Colloidal systems typically flocculate because they lack electrostatic repulsion at neutral zeta
potential [176]. However, our polymeric nanoparticle micelles are stable as zeta potential
increases to neutral, which is likely due to steric repulsion among the higher density of PEG
chains that forces an extended brush-like conformation in the corona [177]. By reducing contact
between micelles, the higher PEG density also may diminish van der Waals forces of attraction
between the particles that usually account for their flocculation [176]. As negatively charged
species are often cleared more rapidly than neutral species by immune cells [178]-[180], we
anticipate that our micelles will result in less opsonization and longer resident circulation times

in vivo.

To test kinetic stability, we assessed the dissociation of micelles over time in the presence of
serum containing cell culture media. The more physiological composition (protein, salt, pH etc.)
of this medium can shift the equilibrium between the free polymer chains and the micelle,
resulting in more rapid dissociation. As expected, low PEG density micelles, while still having a
half-life greater than 30 h, began dissociating almost immediately after incubation. In contrast,
high PEG density micelles are more kinetically stable, with almost no dissociation over a 72 h
incubation at 37 °C. The presence of proteins in the blood upon intravenous injection is well
known to destabilize micelles due to protein adsorption on the surface, so the improved kinetic

stability of high PEG density micelles is likely beneficial for future in vivo studies.

While the kinetic and thermodynamic stability of the polymeric nanoparticle micelles are

influenced by the hydrophilic corona, the loading of a hydrophobic drug is predominantly
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influenced by the hydrophobic block composition. Here, increasing the graft PEG density did
not significantly change the drug loading of the potent chemotherapeutic docetaxel, which has a
similar drug loading to that achieved with other polymeric micelles [75], [141], [181]. To further
enhance drug loading, polymeric nanoparticle micelle core modifications may be investigated

with this system [106], [108], [110], [129].

2.5.1 Conclusions

With our gradient copolymers of P(LA-co-TMCC)-g-PEG, we have demonstrated both near
monodisperse synthesis and control over PEG graft density. Subsequent self-assembly into
polymeric micelles allowed us to study the role of PEG graft density on both thermodynamic and
kinetic stability. Although choosing an ‘optimal’ PEG density will depend on many factors, here
we show a unique graft polymer morphology that can be used to prepare polymeric micelles with
desirable drug delivery properties (low CMC, kinetic and thermodynamic stability, minimal
cytotoxicity). In future work, PEG can be functionalized with targeting ligands to provide a
strategy for either receptor-mediated endocytosis [37], [67], [134], [182] or enhanced stealth
evasion of the native immune system [183], [184]. Overall, controlling unimer composition by
tuning PEG graft density has clear implications for enhancing micelle stability and thus presents
a strategy that can be broadly applied to other amphiphilic self-assembling polymeric systems

intended for drug delivery applications.
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3.1 Abstract

While limited drug loading continues to be problematic for chemotherapeutics formulated in
nanoparticles, we found that we could take advantage of colloidal drug aggregation to achieve
high loading when combined with polymeric excipients. We demonstrate this approach with two
drugs - fulvestrant and pentyl-PABC Doxazolidine (PPD) — a crosslinking, anthracycline prodrug
of doxorubicin; and two polymers, respectively - polysorbate 80 (UP80) and poly(D,L-lactide-
co-2-methyl-2-carboxytrimethylene carbonate)-graft-poly(ethylene glycol) (P(LA-co-TMCC)-g-
PEG) — a custom-synthesized, self-assembling, amphiphilic polymer. In both systems, drug-
loaded nanoparticles had diameters <200 nm, were stable for up to 2 days in buffered saline
solution, and for up to 24 h in serum-containing media at 37°C. While colloidal drug aggregates
alone are typically unstable in saline and serum-containing media, we attribute colloid stability
herein to the polymeric excipients and consequent decreased protein adsorption. We expect that
this strategy of polymer-stabilized colloidal drug aggregates to be broadly applicable in delivery

formulations.

3.2 Introduction

The inefficient formulation of hydrophobic small molecule drugs continues to be a barrier
between drug development and clinical use. Although excipients can solubilize drugs for in vivo
delivery, the high excipient concentrations necessary are associated with dose-limiting adverse
effects, such as hypersensitivity and hemolysis[170], [185], [186]. While nanoparticle delivery

systems have been developed to overcome this toxicity and to improve drug bioavailability and
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biodistribution[54], [187], [188], these strategies are themselves limited by low drug loading[41],
[43], [49], [189], [190].

To produce more drug-rich systems and to overcome the limitations of excipient toxicity, an
alternative approach has emerged to exploit the intrinsic physicochemical properties of a drug
directly in formulation. These formulations generally take advantage of the immiscibility of
hydrophobic drugs in aqueous media, which results in self-aggregation to produce a particle
core[122], [191]. More recently, co-formulation strategies have been developed that use
macromolecules, either during or after particle formation, to suppress Ostwald ripening through
stabilization of the drug-particle surface[192]. However, less attention has been given to the

potential self-assembly parameters of the drugs themselves.

In the past decade, many drugs have been shown to self-assemble into colloidal drug aggregates.
In early drug discovery[115] this leads to artifacts including both false positives in
biochemical[118], [193] and false negatives in cellular assays[112], [113]. Though hard to
predict[194], the mechanism of self-assembly for these colloidal aggregators is governed by a
critical aggregation concentration (CAC) and leads to the generation of amorphous liquid-liquid
phase-separated particles[115], [116]. While the assembling properties have been well studied,
the utility of these aggregates is hindered by their instability[113], [117]. We and others have
attempted to stabilize colloidal drug aggregates in order to further study both their biological
implications and use in drug delivery[121], [192]. Previously, we demonstrated that co-
aggregation with azo-dyes can stabilize colloids, resulting in a maintenance of structural integrity
in high ionic strength solutions and serum-containing media[121]. The incorporation of
polymeric excipients, such as pluronics and polysorbates, remains an attractive method to
stabilize colloidal aggregates due to the chemical diversity of polymers available and their
ubiquity in pharmaceutical formulations. Work by Taylor et al. has shown that polymeric
excipients can modulate the colloidal properties of drug aggregates, however only modest

improvements in stability (less than 2 h) have been achieved thus far[120], [195].

Here, we investigate how small molecule colloidal drug aggregation properties can be combined
with polymeric excipients to substantially improve particle stability. Using pharmaceutical
excipients and biocompatible amphiphilic polymers, we demonstrate that colloidal drug

aggregates can be formulated for multi-day stability in both buffered saline and serum-containing
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media. With this strategy, we not only stabilize colloidal drug aggregates, but overcome the low
drug loading typically found in traditional polymeric nanoparticle systems. Monodisperse and
stable colloidal formulations are achieved using polymeric excipients of two chemotherapeutics:
the estrogen receptor antagonist fulvestrant[113], [196] and the novel anthracycline-derived
prodrug of doxorubicin, pentyl-p-aminobenzylcarbamate doxazolidine (PPD)[15]. After
screening a series of polymers, we found that the optimal polymer-colloid combination is
specific to each drug; however, this approach should be broadly applicable to other colloidal
drug aggregators. As a proof of concept for use in drug delivery, we investigate the stability in
serum-containing media, variations in protein adsorption properties and interactions with cancer

cells of these colloidal formulations.

3.3 Materials and Methods
3.3.1 Materials

PPD was synthesized from expired clinical samples of doxorubicin (FeRx Inc, Aurora, CO) as
previously described [15]. Fulvestrant was purchased from Selleckchem. Poly(D,L-lactide-co-2-
methyl-2-carboxy-trimethylene carbonate)-graft-poly(ethylene glycol) (P(LA-co-TMCC)-g-
PEG) was synthesized by a ring-opening polymerization and conjugated with an average of 3
PEG chains/backbone as previously described [197]. Polysorbate 80 (H2X, UP80) was
purchased from NOF America Corporation. Vitamin E-PEG 1000 (VitEPEG), Pluronic F68,
Pluronic F127, Brij L23 and Brij 58 were purchased from Sigma Aldrich. McCoy’s 5A cell
culture media, CholEsteryl BODIPY 542/563 C11, Hoechst 33342 were purchased from Thermo
Fisher Scientific. The SKOV-3 cell line was purchased from ATCC. Charcoal stripped fetal

bovine serum and Hank’s balanced salt solution were purchased from Wisent Bioproducts.

3.3.2 Colloid formation

Colloids of both fulvestrant and PPD were formulated upon dilution of organic stock solutions
into an aqueous phase. Fulvestrant colloids were prepared by adding double-distilled water (880
uL) to DMSO stock solution (10 pL at 5 mM) followed by the addition of 10X PBS (100 puL).
Final fulvestrant drug and organic concentrations were 50 uM and 1% (v/v), respectively. PPD
colloids were prepared in a similar manner with drug stock solution at 12.5 mM in DMF leading
to formulations with a final drug concentration of 500 uM and an organic concentration of 4%

(v/v). Excipients were incorporated into formulations prior to colloid formation. P(LA-co-
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TMCC)-g-PEG was added to the organic phase while all other excipients studied were dissolved
in the aqueous phase. Amounts of polymers were chosen based on the initial concentration of
drug being formulated. For fulvestrant colloids formulated at 50 pM excipients were used at the
following concentrations: 0.001% (w/v) UP80, 0.01% F127, 0.01% F68, 0.01% Brij L23, 0.01%
Brij 58, 0.01% VitEPEG and 0.004% P(LA-co-TMCC)-g-PEG. For PPD colloids formulated at
500 uM excipients were used at the following concentrations: 0.01% UPS80, 0.05% F127, 0.05%
F68, 0.01% Brij L23, 0.01% Brij 58, 0.01% VitEPEG and 0.04% P(LA-co-TMCC)-g-PEG.

3.3.3 Colloid characterization

Colloid diameter, polydispersity and normalized scattering intensity were measured by dynamic
light scattering (DLS) using a DynaPro Plate Reader II (Wyatt Technologies) with a laser width
optimized for colloidal aggregate detection (i.e., particles in the 100 to 1000 nm radius range) by
the manufacturer. Operating conditions were 60 mW laser at 830 nm wavelength and detector
angle of 158°. Samples were measured in a 96-well format with 100 uL and 20 acquisitions per

sample.

Colloids (5 pL) were deposited from 50 uM and 500 uM solutions of fulvestrant and PPD,
respectively, onto glow discharged transmission electron microscope (TEM) grids and allowed to
adsorb for 5 min. The solution was then wicked away and the grid was washed briefly with water
(5 pL). Grids were then allowed to dry and negatively stained with either uranyl acetate (5 pL,

10 sec, 2 % solution, pH ~4) for PPD colloids or ammonium molybdate (5 pL, 30 sec, 1%
solution, pH 7) for fulvestrant colloids prior to imaging on a Hitachi H-7000 microscope

operating at 75 kV.

3.3.4 In vitro serum stability

The stability of fulvestrant and PPD colloids under serum conditions was determined using fast
protein liquid chromatography (FPLC) using a previously established method [105], [190].
Colloids were incubated with 20% fetal bovine serum (FBS, Charcoal stripped) and 1%
penicillin - streptomycin at 37°C. At 0, 6, 12, 24 and 48 h, 500 pL aliquots were removed and
injected onto a Superdex 200 gel filtration column. Samples were run with a flow rate of 1.5
mL/min and 1x PBS as the mobile phase. For fulvestrant, colloids were co-formulated with the
FRET pair of CholEsteryl BODIPY FL and BODIPY 542/563 (500 nM) and fluorescent

emission at 575 nm was determined using a Tecan plate reader followed by integration of colloid
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peak area using GraphPad software version 6.0. For PPD, elution peak areas at 480 nm were
calculated using UNICORN software version 5.31. Neither the polymer nor the FBS contribute
to the absorbance at 480 nm or the fluorescence at 575 nm. Without polymer, PPD and
fulvestrant colloids precipitate rapidly in PBS and thus their stability cannot be assessed by
FPLC.

3.3.5 In vitro protein adsorption

Fulvestrant and PPD colloids were prepared at 50 uM as before in the presence or absence of
UP80 and P(LA-co-TMCC)-g-PEG, respectively. Colloids were then incubated with 50 nM
bovine serum albumin, human immunoglobulin G or fibrinogen for 10 min. Colloids were then
pelleted by centrifugation for 1 h at 16000x g at 4 °C. Proteins were then separated by sodium
dodecyl sulfate polyacrylamide gel electrophoresis and identified used Coomassie Blue G-250

staining. Protein band intensities were quantified using ImagelJ software.

3.3.6 In vitro cell uptake

SKOV-3 cells were maintained at 37 °C in 5% CO, in McCoy’s 5A media supplemented with
10% FBS, 10 UI/mL penicillin, and 10 pg/mL streptomycin. SKOV-3 cells were seeded at
12,000 cell/well in 8-well borosilicate glass chamber slides and allowed to adhere overnight.
Cells were incubated with 50uM of appropriate formulations for 45 min in serum-free or 10%
serum conditions. Fulvestrant colloids were co-formulated with CholEsteryl BODIPY 542/563
C11 (500 nM) for visualization. Following incubation, cells were rinsed and counterstained with
Hoechst. Cells were imaged on an Olympus FV1000 confocal laser-scanning microscope at 60X
magnification under live-cell imaging conditions. Excitation and emission wavelengths were as
follows: for Hoechst, excitation at 405 nm, emission at 460 nm; for fulvestrant colloids co-
formulated with BODIPY, excitation at 559 nm, emission at 572; for PPD colloids and DOX

formulations, excitation at 488 nm, emission at 520 nm.

3.4 Results

3.4.1 Polymer-stabilized colloids

Hydrophobic chemotherapeutics, such as fulvestrant and PPD, form colloidal aggregates, with

critical aggregation concentrations (CACs) of 0.5 nm [112] and 14 uM (Figure 3.1), respectively.
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Figure 3.1: The critical aggregation concentration of PPD is 14 uM in PBS as determined

by dynamic light scattering. Formulations contain 2% DMF. (n=3, mean + SD).

Consistent with other colloidal drug aggregates [117], the addition of salt causes massive
aggregation and precipitation of both drugs (Figure 3.2C and D, pink bars). In an effort to
prevent colloid precipitation and improve stability in the presence of salts, each drug was co-
formulated with one of seven different polymers ranging from clinically used excipients
(polysorbate 80, Pluronics F68 and F127, Brij 58 and L23) to amphiphilic polymers used in
micelle systems (P(LA-co-TMCC)-g-PEG, VitEPEG). Polymers were used at 0.001-0.05%
(w/v), a low weight percent versus traditional drug formulations that are orders of magnitude
higher [198]. All formulations in water had an initial diameter of <200 nm regardless of the
presence of excipient or type of excipient used (Figure 3.2C, 3.2D and 3.3). When formulated in
PBS buffer, the addition of polymers prevented or reduced the aggregation of colloids. In
contrast, the absence of polymers led to the formation of drug aggregates larger than 1 pm, which
precipitated from solution within minutes. In the presence of polymeric excipients, colloids were
stable over 48 h at 37 °C (Figure 3.2E and 3.2F). For fulvestrant, formulation with polysorbate
80 (UP80) resulted in homogeneous colloids stable over 48 h. Fulvestrant-UP80 colloids had
initial diameters of 109+7 nm, which increased to 168+18 nm over 48 h. Other polymers, such as
P(LA-co-TMCC)-g-PEG, partially inhibited the growth rate of fulvestrant colloids in high salt
buffer compared to the drug alone; however, the initial fulvestrant colloid diameter doubled over
a 48 h period, demonstrating that UP80 was a more effective stabilizing agent. In contrast, P(LA-
co-TMCC)-g-PEG was the optimal polymer to stabilize PPD colloids over 48 h. PPD- P(LA-co-
TMCC)-g-PEG colloids had initial diameters of 93+8 nm, which grew to 122+6 nm.



Fulvestrant

C 200!
1500 =2 [ Water
_ 'Sl A &3 pes
£
c
T 30
§)
[}
£ 20
8
a
10
& O X O D D
Q\Q}\ & 52(0 Q;i\\% Q\‘L 52“’ & N
& S R4 2
O
< &
<&
4
Excipient
-~ UP80
£ -8 P(LA-co-TMCC)-g-PEG
£ - Brij 58
g o F127
£ & VIitE-PEG
a -a- F68
v~ Brij L23

T T T T T
0 10 20 30 40
Time (hr)

1
50

Diameter (nm)

53

Diameter (nm)

Excipient

45
40(
35
30
25
20(
15 }
10
50r T T

T T T
0 10 20 30
Time (hr)

1
40 50

3 water
B3 PBS

-a- UP80

-8 P(LA-co-TMCC)-g-PEG
- Biij58

o F127

-@ VitE-PEG

¥~ Brij L23

Figure 3.2: (A) Fulvestrant and (B) PPD were selected for their intrinsic chemotherapeutic

efficacy and aggregation properties. Formulation of (C) fulvestrant and (D) PPD colloids in

water or PBS in the presence of the following polymeric excipients: UP80, P(LA-co-
TMCC)-g-PEG, Brij 58, Pluronic F127, VitE-PEG, Pluronic F68 and Brij L23. Incubation
of (E) fulvestrant and (F) PPD formulations at 37°C over 48 h. UP80 was the optimal

polymer to maintain the size of fulvestrant overtime in buffered salt solution (PBS)

compared to other polymers. P(LA-co-TMCC)-g-PEG was the optimal polymer to

maintain the size of PPD, with the smallest nanoparticle size over the incubation period.

(n=3, mean + SD, *** p<0.001)
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While other polymers stabilized PPD colloids, they were not as effective as P(LA-co-TMCC)-g-
PEG. For example, Pluronic F68 showed a doubling in size within minutes of exposure to a high
salt buffer (Figure 3.2). Both fulvestrant-UP80 and PPD- P(LA-co-TMCC)-g-PEG remain
monodisperse over the incubation period (PDI<0.2). Fulvestrant-UP80 and PPD- P(LA-co-
TMCC)-g-PEG formulations have drug loadings of 75 and 50%wt, respectively.

We characterized the morphology of our most stable and monodisperse formulations, fulvestrant-
UPS80 and PPD- P(LA-co-TMCC)-g-PEG, using TEM. Imaging confirmed the spherical
morphology of the resulting particles, with multiple fields of view used to determine particle size
distributions for each formulation (Figure 3.3). Specifically, fulvestrant-UP80 colloids had
diameters of 5315 nm and PPD- P(LA-co-TMCC)-g-PEG had diameters of 60+16 nm. By
TEM, we observed smaller diameters than those determined by DLS, which is consistent with
the drying effects of TEM vs. DLS. Even small amounts of polymer excipients (0.001% UP80
and 0.04% P(LA-co-TMCC)-g-PEGQG) for these two formulations significantly improved stability
in buffered aqueous solutions. This prompted us to investigate stability in more biologically

relevant conditions, such as serum-containing media.
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Figure 3.3: Representative fields of view of (A) fulvestrant-UP80 and (B) PPD- P(LA-co-
TMCC)-g-PEG colloids in PBS. Scale bar represents 200 nm.

3.4.2 Serum stability

Encouraged by the enhanced stability of fulvestrant-UP80 and PPD- P(LA-co-TMCC)-g-PEG
colloids in buffered solutions, we sought to better assess the structural integrity and stability of
these formulations over time in serum-containing media, using both TEM imaging and FPLC
separation. Representative fields of view from TEM imaging (Figure 3.4A, 3.4B) show that both
formulations are present in 10% serum over a 48 h time period; fulvestrant-UP80 colloids
(Figure 3.4A and 3.4C) increased in size and dispersity during the incubation, from an initial
diameter of 6717 nm to a final diameter of 222+77 nm (Figure 3.4C). PPD- P(LA-co-TMCC)-
g-PEG colloids maintained their size and distribution over time (Figure 3.4B and 3.4D), with
initial and final diameters of 3610 nm and 36+11 nm, respectively. Importantly, the spherical

morphology of the colloids was retained for both formulations over the incubation period.
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Figure 3.4: Fulvestrant-UP80 and PPD- P(LA-co-TMCC)-g-PEG characterization in 10%
serum. (A) Representative TEM images of particles in serum at 0, 24 and 48 h. Fulvestrant-
UP80 colloids were stained with ammonium molybdate while PPD- P(LA-co-TMCC)-g-
PEG colloids were stained with uranyl acetate, scale bars are 200 nm. (B) Frequency
distribution shows peak broadening of fulvestrant-UP80 colloidal aggregates over time,

while PPD- P(LA-co-TMCC)-g-PEG maintain size and dispersity over time.
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The protein corona that forms on particle surfaces can cause premature drug release due to
partitioning of the drug into the hydrophobic pockets of proteins, and so we investigated drug
release in the stabilized colloidal formulations in serum. To quantify the drug release, our two
formulations were incubated in 20% serum, which is representative of in vivo conditions and
allows colloids to be separated and quantified by FPLC directly [197]. At selected time points,
up to 48 h, the colloidal population was separated from serum proteins and free drug using size
exclusion chromatography (SEC) and the colloid peak area was used as a proxy for drug
concentration (Figure 3.5A and 3.5B). Notably, bare colloids could not be separated by this
method due to their rapid precipitation in salt conditions. Fulvestrant-UP80 was co-formulated
with BODIPY FRET pair, enabling fluorescence emission detection while PPD- P(LA-co-
TMCC)-g-PEG colloids were quantified by absorbance at 480 nm. Both formulations showed
little dissociation over a 24 h time period (Figure 3.5C). Fulvestrant-UP80 colloidal aggregates
began to dissociate after this time, with almost 50% of the drug being released at 48 h. PPD-
P(LA-co-TMCC)-g-PEG aggregates showed no dissociation over the 48 h time period.
Encouragingly, the stability data obtained for the colloids by FPLC separation reflects the trends
observed by TEM (Figure 3.4).
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Figure 3.5: Serum stability assessment of colloidal formulations by FPLC. Traces show
separation between serum proteins (absorbance at 280 nm) and (A) fulvestrant-UP80
colloids (tracked by fluorescence using a BODIPY FRET pair) and (B) PPD- P(LA-co-
TMCC)-g-PEG colloids (unique absorbance at 480 nm) at t=0. (C) The peak area under the
colloid curve over time is compared to the area at t=0 h to determine colloid stability as a
function of time. Both colloids are stable up to 24 h, with fulvestrant-UP80 colloids
dissociating between 24 and 48 h and PPD- P(LA-co-TMCC)-g-PEG colloids showing no

evidence of dissociation over 48 h.
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We hypothesize that the polymeric excipients used to stabilize the colloidal formulations reduce
protein adsorption and thereby provide stability in serum. To test this hypothesis, we used a
previously reported method of centrifugation and gel electrophoresis of colloidal formulations to
identify surface-bound proteins [118]. We studied the interaction of a series of proteins, which
comprise the main proteins of serum with colloidal aggregates of fulvestrant vs. fulvestrant-
UP80 and PPD vs. PPD- P(LA-co-TMCC)-g-PEG: albumin (BSA), immunoglobulin G (IgG)
and fibrinogen. Colloids were incubated with each protein and pelleted by centrifugation.
Proteins in the supernatant were separated from those in pelleted, colloid fractions by gel

electrophoresis (Figure 3.6).

115kDa
82 kDa

64 kDa

49 kDa

37 kDa

Figure 3.6: Representative SDS-PAGE images of (A) fulvestrant and (B) PPD colloids after
incubation with 50 nM bovine serum albumin (BSA), immunoglobulin G (IgG) and
fibrinogen (Fibr.). Pellet (P) and supernatant (S) fraction were separated by centrifugation

of formulation at 16000x g for 1 h at 4 °C. Representative image of 3 repeats.
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All three proteins studied were concentrated (at a 5-15 fold increase) in the pelleted fraction
when incubated with bare colloids, indicating significant adsorption to the colloid surface (Figure
3.7). In contrast, none of the three proteins studied were concentrated in the pelleted fraction
when incubated with polymer-stabilized colloidal formulations of both fulvestrant-UP80 and
PPD- P(LA-co-TMCC)-g-PEG, demonstrating minimal protein adsorption (Figure 3.7). These
data are consistent with several other particle systems that use high-density PEG surfaces to

prevent protein adsorption and particle opsonization [77], [177], [199].
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Figure 3.7: Formulation of colloids with excipient polymers reduces protein adsorption. BSA, IgG
and fibrinogen (50 nM) adsorption are significantly increased on the surface of bare colloids of (A)
fulvestrant and (B) PPD (filled bars) compared to colloids stabilized with the appropriate polymer
(white bars): fulvestrant-UP80 and PPD- P(LA-co-TMCC)-g-PEG (n=3, mean + SD, **p<0.01,

#¥%p<0,001).
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3.4.3 Cell uptake

In order to understand cell uptake of colloidal aggregates vs. drug monomers, which typically
diffuse across cell membranes, fulvestrant-UP80 and PPD- P(LA-co-TMCC)-g-PEG were
incubated with the human epithelial ovarian cancer SKOV-3 cell line (Figure 3.8) both in the
presence and absence of serum. Doxorubicin, an anthracycline chemotherapeutic from which
PPD is derived, does not form colloidal aggregates and was used as a positive control as it can
freely permeate cell membranes. Doxorubicin and PPD were directly tracked by excitation at 488
nm while fulvestrant-UP80 colloids were co-formulated with a BODIPY dye that was visualized
by excitation at 559 nm. Fluorescence of the non-colloid forming doxorubicin was observed
diffusely, co-localizing with cell nuclei under both serum-free and serum conditions. Conversely,
intracellular fluorescence of fulvestrant-UP80 and PPD- P(LA-co-TMCC)-g-PEG colloids was
only observed under serum-free conditions. Even then, the fluorescence was observed as
punctate features within the cell body. In serum-containing media, little to no fluorescence was

observed for the colloidal formulations.
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Figure 3.8: Representative images of cell uptake of doxorubicin (monomer) and the
colloidal formulations of PPD- P(LA-co-TMCC)-g-PEG and fulvestrant-UP80 (tracked by
BODIPY). SKOV-3 cells were used for all experiments. Doxorubicin monomer freely
permeates the cell membrane, showing localized fluorescence within the cells’ nuclei. PPD
and fulvestrant colloids show uptake only in serum-free conditions, with punctate
fluorescence within the cell body. There is no evidence of cell uptake of colloids in serum-

containing media. (scale bar is 30 pm).

3.5 Discussion

The intrinsic colloidal aggregation properties of hydrophobic molecules are often thought of as
limitations in drug screening, and can be problematic for delivery. While the aggregation of these
small molecules is unpredictable, this phenomenon can be exploited and controlled with the
addition of excipients. By formulating colloidal aggregates with polymeric excipients, we can
produce stable high drug loaded particles resistant to changes in salt and serum conditions.
Absolute drug loadings of our two formulations, fulvestrant-UP80 (75 wt%) and PPD- P(LA-co-
TMCC)-g-PEG (50 wt%), are an order of magnitude higher than conventional micelle

formulations (<10wt%)[43]. By incorporating polymeric excipients, the particles are stabilized
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and aggregation is prevented through steric repulsion between hydrophilic polymer chains[177],
[197]. In the absence of polymer, the presence of salts leads to charge shielding at the surface of
colloidal species causing particle fusion and rapid aggregation[176]. The use of amphiphilic

polymers allows hydrophobic segments of the polymer to interact with the colloidal surface and

hydrophilic segments of the polymer to extend into the aqueous phase to provide steric stability.

At present the limited number of colloid-polymer combinations studied here prevent general
predictions on optimal drug-polymer pairs. We hypothesize that the solubility parameters play an
important role in determining which polymer would be best suited to stabilize a drug colloid, as
has been shown by computational approaches used in other studies[200], [201]. The
concentration of polymer used in these formulations plays an important role in stabilizing
colloidal species[174], [202]. If the polymer concentration is too low, there is insufficient
coverage of the colloidal surface to prevent aggregation and coalescence of the drug colloids. If
the polymer concentration is too high and above the critical micelle concentration (CMC), the
polymers themselves form micelles and solubilize the drug rather than stabilize the colloid.
Accordingly, polymer concentrations just below their CMCs were chosen for this study,

providing adequate surface coverage without colloid disruption.

While the stability in salts is essential, we sought to characterize these colloidal aggregates in
biologically relevant serum-containing media. Blood proteins destabilize particles, and premature
drug release often results from drugs partitioning into the hydrophobic pockets of proteins
adsorbed to the particle surface[85]. By monitoring the drugs using their spectral properties, we
show that polymers stabilize these colloidal particles for at least 24 h in 20% fetal bovine serum.
We hypothesized that this stability was due to a reduction in protein adsorption to the colloidal
surface, consistent with the use of hydrophilic polymers, such as PEG, in other particle
platforms[77], [79]. To evaluate the interaction between the main components of serum —
albumin, globulins and fibrinogens — and the particle surface, we used a centrifugation method to
identify surface-bound proteins as previously used to study the inhibition of enzymes by colloid
surface sequestration[114], [118]. While this method is limited by the concentration of proteins
that can be evaluated, non-stabilized colloids showed significant adsorption of proteins to their

surface, whereas polymer stabilization of colloids reduced protein adsorption.
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To further probe the stability of the colloidal aggregates, we investigated their interactions with
cells in vitro. Under serum-free conditions, distinct punctate fluorescence was observed
intracellularly for both fulvestrant and PPD colloidal formulations, which is typical of
internalized particles that are trafficked through the endo-lysosomal pathway[203], [204].
Corroborating previous literature, doxorubicin, a compound that does not form colloidal
aggregates, freely permeated lipid membranes and localized in the nucleus[205]. In serum-
containing media, while the cellular uptake of DOX was not significantly influenced, fulvestrant-
UP80 and PPD- P(LA-co-TMCC)-g-PEG colloids were not internalized by cells, consistent with
previous observations[113]. The presence of proteins precludes the non-specific uptake of

particles and supports the need for cellular targeting agents on the particles[80], [189].

It is clear from this study that the combination of hydrophobic drug and polymer strongly
influences particle size and stability over time. This is consistent with other polymer-based
nanoparticle formulations where similar drug and vehicle compatibility leads to optimized drug
loading and stability[76], [126], [206]-[208]. Of the formulations tested here, the combinations
of fulvestrant-UP80 and PPD- P(LA-co-TMCC)-g-PEG are optimal for colloidal stability in both
high ionic strength aqueous and serum containing solutions. Chemical modifications of both the
drug and the polymeric excipient have been used previously to enhance molecular interactions
that provide improved particle stability[122], [123], [191]. However, this strategy often requires
re-validation of materials, especially with respect to the drug. Directly screening for and
exploiting the colloidal aggregation properties of drugs, as demonstrated here, can provide a
mechanism to significantly increase drug loading and stability, without the need for chemical
modification or reassessment. With a continued increase in chemical diversity of both colloid-
forming drugs and polymeric excipients, the methods outlined here will find further application

in formulating drug-rich nanoparticle delivery systems.

3.6 Conclusions

By incorporating polymeric excipients into colloidal formulations of two clinically relevant
chemotherapeutics, fulvestrant and PPD, we demonstrated stability in both salt and serum
containing-media. This enhanced stability can be attributed to reduced serum protein adsorption

to the surface of the particles. Overall, the use of polymers to stabilize fulvestrant and PPD has
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clear implications for their efficient delivery, and presents a strategy that should be broadly

applicable to formulate the large subset of colloid-forming compounds.

3.7 Ongoing Work

PPD- P(LA-co-TMCC)-g-PEG nanoparticles are currently being tested against a N-HepG2
subcutaneous liver cancer model in Nude Nu/Nu mice. In this study, the nanoparticles are being
compared against Doxorubicin, an anthracycline used clinically against a wide range of cancers.
PPD has been shown to overcome resistance mechanisms against Doxorubicin through a
secondary mechanism involving inhibition of topoisomerase II. Interestingly, the incorporation
of P(LA-co-TMCC)-g-PEG into the formulation protects the drug from premature cleavage in
the mouse serum, where carboxyesterase II is prevalent. This allows increased dosing regimens

when delivered in the nanoparticle, as tail vein damage due to drug toxicity is averted.
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4  Innovative use of the taxol binding peptide overcomes
key challenges of stable and high drug loading in
polymeric nanomicelles
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4.1 Abstract

Despite widespread clinical use, delivery of taxane chemotherapeutics remains a challenge due to
poor solubility and lack of selectively. Polymeric nanomicelle strategies have been pursued to
overcome these issues; however current formulations are often limited by low drug loading and
poor serum stability. To achieve a drug delivery system that addresses these issues, poly(D,L-
lactide-co-2-methyl-2-carboxytrimethylene carbonate)-g-poly(ethylene glycol) was covalently
modified with the taxol binding peptide - a peptide from the B-tubulin-taxane binding site - to
achieve increased loading for docetaxel. This modification resulted in drug loadings five times
higher than unmodified polymers, which is significantly higher than typical hydrophobic
modifications, including with benzyl and docetaxel functionalization. Unlike many formulations
with high drug loading, these nanomicelles were stable in serum for up to 24 h and maintained
docetaxel cytotoxicity. By incorporating the taxane binding peptide into the polymer chemistry, a
new twist was applied to an old problem, which is broadly applicable to other polymeric micelle

systems and drug-peptide combinations in general.

4.2 Introduction

Taxanes, such as docetaxel (DTX) and paclitaxel, are used clinically against a wide range of
cancers including breast, lung and pancreatic, and are one of the most prescribed cancer
chemotherapeutics. Docetaxel is arguably the biggest oncology product ever developed, with a

global market value of over $3 billion in 2010 [9], and sales of Taxotere (Sanofi) at $500 million
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in 2013 even after being off-patent for three years [209]. Despite their widespread use, delivery
remains a challenge. Current formulations are poorly soluble and thus require the use of
excipients, such as Polysorbate 80 or Cremophor EL, that cause a number of side effects such as
hypersensitivity and hemolysis [168], [170]. Furthermore, these potent drugs lack specificity, and

cause a variety of dose-limiting side effects such as neutropenia and thrombocytopenia [8].

Polymeric nanoparticle micelles, comprised of a hydrophobic core and hydrophilic corona, have
been widely investigated to improve the pharmacokinetics of taxanes; however, low drug
encapsulation and limited serum stability have hindered their clinical translation [43], [104],
[108], [110], [189], [210]. To address these issues, both the formulation and the affinity of the
drug in the micelle have been pursued. On the one hand, while techniques such as
nanoprecipitation have been shown to produce high drug loadings, encapsulation is transient and
often comes at the cost of micelle stability [154]. Modifications to the polymer core, on the other
hand, have shown great promise at increasing drug loading without jeopardizing the stability of

the delivery vehicle itself [211], [212].

Several strategies have been pursued to improve loading in polymeric nanomicelles.
Traditionally, increasing the ratio of hydrophobic to hydrophilic polymer block lengths has
improved loading efficiency [74]; however, this reduces the amount of shielding and often
results in rapid micelle dissociation upon dilution [101], [102]. Moreover, high drug loading
often comes at the expense of stability in serum conditions, resulting in nanomicelles that release
drug prematurely [107], [213]. More specific chemical modifications have shown increased
loading without hindering the stability of the vehicles. For example, Hennink et al. increased
taxane loading by covalently bonding aromatic groups to the core that facilitated pi-pi stacking
between drug and polymer [110]. Yang et al. exploited hydrophobic interactions by
incorporating cholesterol onto a polycarbonate backbone to increase paclitaxel loading [104].
Others have explored direct drug conjugation to the hydrophobic block of an amphiphilic
polymer, which increased loading of free drug by inducing crystallinity within the core [106],
[108], [109]. While these systems resulted in loadings greater than those previously achieved,
even higher loadings are required to achieve optimal dosing and overcome excessive use of
excipients required for solubility and stability in serum. To this end, we designed a core
modification in our polymeric nanomicelles that is specific to taxanes, thereby using a known

structural motif in a new way to solve a problem that has been plaguing the field for decades.
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4.3 Materials and Methods
4.3.1 Materials

All solvents and reagents were purchased from Sigma-Aldrich and used as received unless
otherwise noted. 5-methyl-5-benzyloxycarbonxyl-1,3-trimethylene carbonate (TMCC-Bn) was
synthesized as previously reported. [96] 3,6-dimethyl-1,4-dioxane-2,5-dione) and 1-[3,5-bis-
(trifluromethyl)phenyl]—3-[(1R,2R)-(-)-2(dimethylamino)cyclohexyl] thiourea (Strem
Chemicals, Newburyport, MA) and NH,-PEG-OMe (10 kg/mol, Rapp Polymere, Tubingen,
Germany) were used as received. Docetaxel was purchased from LC Laboratories (Woburn,
MA). Peptide synthesis reagents, including Fmoc-Amino Acids, were purchased from AnaSpec

(Fremont, CA).

4.3.2 Instruments

'"H NMR spectra were recorded at 500 MHz at room temperature using an Agilent DD2
spectrometer. Molecular weights and polydispersity of P(LA- co-TMCC) were measured by gel
permeation chromatography (GPC) in THF (containing 0.25% tetrabutyl ammonium bromide)
relative to polystyrene standards at room temperature on a Waters 515 HPLC pump with a RI
detector (VE3580) and a UV detector (KNAUER 2500) at a flow rate of 0.6 mL/min. Chemicals
shifts (8) are in ppm. Fluorescence and absorbance measurements were performed with the
Tecan Infinite M200 pro fluorescent plate reader. Docetaxel was quantified using an Agilent
1100 HPLC equipped with an AB Sciex API 4000 triple quadropole mass spectrometer with
electrospray ionization source detector. Serum stability studies were performed on a GE AKTA

purifier 10 Fast Protein Liquid Chromatography System equipped with a UV900 monitor.

4.3.3 Synthesis of P(LA-co-TMCC)-g-PEG

P(LA-co-TMCC) was synthesized as previously described [132]. Briefly, 3,6-dimethyl-1,4-
dioxane-2,5-dione (10.4 mmol) and 5-methyl-5-benzyloxycarbonyl-1,3-trimethylene carbonate
(2.3 mmol) were co-polymerized for 7 days in dry, distilled dichloromethane (10 mL) under
argon by a ring opening polymerization initiated with 1-pyrenebutanol (0.0625 mmol) and
catalyzed by 1-[3,5-bis-(trifluromethyl)phenyl]—3-[(1R,2R)-(-)-2(dimethylamino)cyclohexyl]
thiourea (0.35 mmol). GPC analysis revealed a backbone M, of 12,869 and a PDI of 1.09.

Following purification by silica column to remove the catalyst, the copolymer was deprotected
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for 7 days using Pd/C catalyst (20 wt%) in 50:50, v/v THF:EtOAc under hydrogen gas (91%
yield). NH,-PEG-OMe was grafted to the backbone at 3 PEG/backbone, as previously
described[197]. P(LA-co-TMCC) (100 mg) was dissolved in DMF (5 mL) to which N,N’-
diisopropylcarbodiimide (DIC, 100 uL) and hydroxybenzotriazole (HOBt, 16.88 mg) were
added, and the solution was stirred for 30 min at room temperature. NH,-PEG-OMe (PEG, 10
kg/mol, 416 mg) was dissolved in DMF (5 mL) and added to the copolymer solution under
argon. The reaction was stirred at room temperature for 24 h, after which 500 uL of borate buffer
(pH 9, 500 mM) was added and the solution was dialyzed against distilled water (2 kg/mol
MWCO). Unreacted PEG was removed using a Sepharose CL-4B column equilibrated with
distilled water. Collected fractions with polymer were combined and lyophilized to give a white
solid (~60% yield). "H NMR (CDCls): 81.23 (m, CH; from TMCC), 1.57 (m, CH; from LA),
3.64 (bs, CH; from PEG), 4.34 (m, CH; from TMCC), and 5.16 (m, CH from LA). Average PEG
conjugation was calculated by end group analysis comparing area under the curve for PEG (3.64

ppm) vs. LA (5.17 ppm) as previously reported [132].

4.3.4 Synthesis of P(LA-co-TMCC-co-TMCC-Bn)-g-PEG (Pg,)

P(LA-co-TMCC-Bn) was synthesized as described above with controlled deprotection of the
benzyl group. Deprotection by palladium-catalyzed hydrogenolysis was monitored by "H NMR
in order to control the number of pendant benzyl groups. Copolymers were synthesized with 2 or
5% benzylated monomers (20 or 50% Bn-TMCC). 3 PEGs were grafted onto the benzylated
copolymer as described above, and purified by Sepharose CL4B column to remove free PEG.
The final product, Pg,, was lyophilized and characterized by "H NMR (72% yield). '"H NMR
(DMSO-dg): 61.28 (m, CH3 from TMCC), 1.47 (m, CH;3 from LA), 3.51 (bs, CH; from PEG),
4.29 (m, CH; from TMCC), 5.22 (m, CH from LA), 7.36 (m, aromatic protons from Bn-TMCC).

4.3.5 Synthesis of P(LA-co-TMCC )-g-PEG,DTX (Pprx)

P(LA-co-TMCC) was synthesized as previously described. A Steglich esterification was
performed to graft docetaxel onto the backbone as previously reported [109]. Briefly, the
copolymer (100 mg) was dissolved in distilled DCM (5 mL) and pre-activated with N,N’-
dicyclohexylcarbodiimide (DCC, 17.2 mg) and 4-dimethylaminopyridine (DMAP, 10.2 mg) for
30 min with stirring under Ar. Docetaxel was dissolved in DCM (5 mL) and added dropwise to

the polymer solution over ice. The solution was sealed under argon and stirred for 2 h over ice
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followed by 22 h at room temperature. The solution was filtered to remove dicyclohexylurea, and
then extracted against water (3 times) and 0.5 M ammonium chloride (1 time). The organic
fraction was collected and dried with magnesium sulfate and filtered. The dichloromethane was
removed by rotary evaporation, the polymer precipitated into cold hexane and dried under
vacuum (with any remaining docetaxel removed in the subsequent step of PEG grafting). PEG
was grafted as reported above (3 PEG/polymer backbone), and dialyzed against water, prior to
purification by Sepharose CL4B column to remove free PEG. The final product, Pprx, was
lyophilized and characterized by 'H NMR (81% yield, 2.5 DTX/polymer backbone). 'H NMR
(CDCl5): 61.25 (m, CH3 from TMCC), 1.58 (m, CH; from LA), 3.64 (bs, CH, from PEG), 4.26
(m, CH; from TMCC), 5.17 (m, CH from LA), 8.12 (br, ortho-aromatic Hs on DTX).

4.3.6 Synthesis of P(LA-co-TMCC)-g-PEG, TBP (P+gp) or P(LA-co-TMCC)-
g-PEG, Scrambled (Pscr)
P(LA-co-TMCC) was synthesized as previously described. The copolymer (200 mg, 12,000
g/mol) was dissolved in distilled DCM (5 mL) and pre-activated for 30 min with DIC (15.5 uL)
and HOBt (13.5 mg). 3,3’-dithiobis(propionic hydrazide) (23.8 mg) [214] was pre-dissolved in 5
mL of distilled DCM with a few drops of DMF to increase solubility, before being added
dropwise to the pre-activated polymer. The solution was sealed under argon and stirred. After 24
h, DCM was removed by rotary evaporation and the product was precipitated into hexane and
dried under vacuum. PEG was grafted as described above (3 PEG/polymer backbone). After
Sepharose CL4B purification to remove unreacted PEG, the polymer was reduced using DTT (50
eq) in PBS (1x, pH 7.5) for 6 h. The product was dialyzed against dilute HCI (pH 4.5) to ensure
free thiols remain stable and to remove byproducts. An Ellman’s assay was used to quantify free
thiols against an L-Cysteine standard curve (1.1 thiols/backbone). 3-maleimidopropinoic-taxol
binding peptide (Mal-PGFAPLTSRGSQQYAAG) and 3-maleimidopropinoic-scrambled peptide
(Mal-PRSAYAIFGGSQPQTLG) were synthesized by conventional solid-phase microwave
peptide synthesis techniques (CEM Liberty 1). The peptide was dissolved in phosphate buffer
(0.1 M, pH 8) with a small amount of acetonitrile to increase solubility. The polymer-SH
solution was added dropwise to the peptide, and the pH of the final solution was increased to 7
using NaOH. The polymer was allowed to react with the peptide for 48 h, followed by quenching
of the unreacted thiols with N-(2-hydroxyethyl) maleimide (20 eq) for 24 h. The final solution
was dialyzed for 2 days against 0.1 M Arginine and 0.1 M NaCl to remove unreacted peptide (20
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kg/mol MWCO) followed by dialysis against water for 24 h to remove salts. The final products,
Prgp or Ps.;, were lyophilized and characterized by amino acid analysis (84% and 62% yield

respectively, 0.8 peptide/polymer backbone).

4.3.7 Nanomicelle formation by dialysis

Polymer (4 mg) and DTX (2.4 mg) were dissolved in DMF (1 mL) to which 50 uL of borate
buffer (pH 9, 500 mM) was added and the solution left at room temperature for 15 min. The
borate buffer is added to reduce nanomicelle size as described in detail previously. * 0.5 mL of
distilled water was added dropwise at a rate of ~1 drop every 3 s. The solution was dialyzed
against distilled water for 24 h, changing the water six times (MWCO 2 kg/mol). The solution
was centrifuged to remove free DTX aggregates prior to use and characterization. DTX
concentration was quantified by HPLC-MS/MS by diluting micelle solutions into 80:20 v/v
acetonitrile: water and comparing to a DTX standard curve (3.125 ng/mL-200 ng/mL) using
paclitaxel as an internal standard (100 ng/mL). Loading was normalized between groups by
calculating based on the molecular weight of the modified-hydrophobic backbone (P(LA-co-
TMCC)) in order to avoid measuring differences due to a shift in the hydrophobic-hydrophilic

balance.

4.3.8 Dynamic light scattering (DLS), Zeta Potential and Transmission
electron microscopy (TEM)
The hydrodynamic diameter was quantified at 25°C using a Malvern Zetasizer Nano ZS,
equipped with a4 mW, 633 nm laser. All samples were prepared at a concentration of 1 mg/mL
and centrifuged to remove aggregates prior to use. Hydrodynamic diameters (dy) were measured
in polystyrene cuvettes (Kuvetten, Germany) and calculated using the Strokes-Einstein equation
dy=kgT/3mnD, where kg is the Boltzmann constant, T is the absolute temperature, 1 is the
solvent viscosity and D is the diffusion coefficient. The autocorrelation functions of the scattered
intensity were analyzed by means of the cumulant method to yield the effective diffusion
coefficient (D) as a function of the scattered angle. Micelles prepared from Prgp were
concentrated to ~13 mg/mL polymer using a centrifugal filter device (Millipore, MWCO 30
kg/mol). Zeta potential was measured using folded capillary cells (Malvern, DTS 1060). The
average of three individual samples, prepared under the same conditions with 36 runs each is

reported. For TEM, a sample (5 pL) was deposited onto a freshly glow-discharged 400 mesh
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carbon coated copper TEM grid (Ted Pella, Inc.) and allowed to adhere for 4 min. Excess liquid
was removed with filter paper and particles then stained with 2% uranyl acetate (w/v, 5 uL, pH
4.3) for 15 seconds. The stain was removed and samples imaged using a Hitachi H-7000
microscope operating at 75 kV. Images were captured using an Advanced Microscopy
Techniques (AMT) XR-60 CCD camera with typical magnifications between 50,000 — 100,000x.

Particles (360 over 14 images) were analyzed using ImageJ 64 software.

4.3.9 In vitro serum stability

The stability of docetaxel-loaded micelles was determined using fast protein liquid
chromatography by previously established method [105], [197]. Docetaxel micelles at a polymer
concentration of 1 mg/mL in 1x PBS (pH 7.4) were incubated with 20% fetal bovine serum
(FBS, Charcoal Stripped) at 37 °C. At 0, 24 and 48 h, 500 pL aliquots were removed and
injected onto a Superdex 200 gel filtration column. Samples were run with a flow rate of 1.5
mL/min and 1x PBS as the mobile phase. 1 mL fractions from the middle of the micelle peak (11
mL elution volume) were collected and DTX concentration was analyzed by HPLC-MS/MS. The

drug loading was quantified as described above.

4.3.10 Cell culture cytotoxicity assay

SKBR-3 cells were cultured in McCoy’s SA media supplemented with 10% FBS and 1%
penicillin-streptomycin in a humidified 37 °C incubator at 5% CO,. Cells were seeded into 96-
well flat-bottomed tissue culture plates at a density of 5,000 cells per well, and incubated for 24 h
before use. Control and Prgp micelles were synthesized as described, and dose-matched with free
docetaxel to a concentration of 10 ng/mL (determined to be the ICs of docetaxel in SKBR-3
cells). Dilutions of micelles were done with blank polymeric micelle solutions in McCoy’s
media (100 ug/mL polymer). Treatment with DTX was left on for 5 h, followed by media
replacement and incubation for 48 h. At 48 h, the cell culture medium was replaced with 110 uL
of Presto Blue solution (Life Technologies) [215], [216]. The plate was incubated for 2 h at
37°C, allowing viable cells to reduce the resazurin dye to the highly red fluorescent resorufin
derivative. The fluorescence of individual wells was measured with an excitation at 560 nm and
an emission at 590 nm by a microplate reader. Each measurement is an average of 6 repeat

wells/plate, with 3 plates of separate passages of SKBR-3 cells.
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4.3.11 Statistics

All statistical analyses were performed using Graph Pad Prism version 5.00 for Macintosh
(Graph Pad Software, San Diego, California, www.graphpad.com). Differences among groups
were assessed by one-way ANOVA with Bonferroni post hoc correction to identify statistical
differences among three or more treatments. Alpha levels were set at 0.05 and a p-value <0.05
was set as the criteria for statistical significance. Graphs are annotated where p-values are
represented as *p<0.05, **p<0.01 or ***p<0.001. All data are presented as mean + standard

deviation.

4.4 Results and Discussion

4.4.1 Polymer Modification Strategies

Taxanes achieve their potency by interacting specifically with B-tubulin and arresting cell
division. The native binding site of the taxanes has been identified as a specific taxol binding
peptide (TBP) sequence, PGFAPLTSRGSQQYAA, on the M-loop of B-tubulin [13], [14]. We
hypothesized that incorporation of this taxol binding peptide (TBP) into the hydrophobic
backbone of our polymeric nanomicelles would enhance docetaxel loading without
compromising serum stability. To test this hypothesis, we covalently modified the carboxylic
acid functional groups of poly(D,L-lactide-co-2-methyl-2-carboxy-trimethylene carbonate)-graft-
poly(ethylene glycol), P(LA-co-TMCC)-g-PEG, with TBP and compared its drug loading to
more common hydrophobic modification strategies, including the use of benzyl and docetaxel
groups (Figure 4.1). Polymer-TBP (Pgp) nanomicelles were further investigated for serum

stability and in vitro cytotoxicity.
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Figure 4.1 Hydrophobic backbone modifications of (a) P(LA-co-TMCC)-g-PEG with (b)

benzyl groups (Pgy), (¢) docetaxel (Pprx), and (d) taxol binding peptide (Prgp)
PGFAPLTSRGSQQYAAG or the TBP scrambled control peptide (Pscr)
PRSAYAIFGGSQPQTLG.

To modify P(LA-co-TMCC) carboxylic acids, a series of strategies were exploited. To achieve
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the benzylated polymer backbone, the palladium catalyzed hydrogenolysis conditions for TMCC

benzyl deprotection were controlled (Scheme 4.1). The highest degree of substitution achieved

was six benzyl groups per backbone, representing 50% of the TMCC monomers or 5% of all

monomers (Figure 4.2).
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Scheme 4.1: By controlling the palladium catalyzed deprotection of benzyl groups, we
achieved P(LA-co-TMCC-Bn) with as many as 6 benzyl groups per polymer backbone
(50% of the TMCC groups or 5% of the polymer backbone)
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Figure 4.2: '"H NMR of Py, (DMSO-dg): $1.28 (m, CH;3 from TMCC), 1.47 (m, CH; from
LA), 3.51 (bs, CH; from PEG), 4.29 (m, CH; from TMCC), 5.22 (m, CH from LA). 7.36 (m,

aromatic protons from Bn-TMCC).

To synthesize the docetaxel modified polymer backbone, Steglich esterification conditions were
used whereby the 2’ hydroxyl groups of DTX were coupled to the P(LA-co-TMCC) carboxylic
acids by carbodiimide chemistry (Scheme 4.2) [109]. An average of 2.5 DTX per backbone was



75

achieved, as calculated by 'H-NMR (Figure 4.3). P(LA-co-TMCC), with either benzyl (Pg,) or
docetaxel (Pprx) modifications, was subsequently modified by grafting terminally functionalized
MeO-PEG-NH; (10,000 g/mol) to the P(LA-co-TMCC) carboxylic acids backbone using N, N’-
diisopropylcarbodiimide (DIC) and hydroxybenzotriazole (HOBt) coupling, followed by
purification through a Sepharose CL4B column to remove unreacted PEG. Three PEG chains per

backbone were grafted in all cases to achieve high stability [197].

1. DCC, DMAP, DCM 30 min
QO\H/O Oj'/L>OH 2.DTX o__o o__o °
o O 2 g 120 \n/
OH b o (¢} o (o] ,

NH,-PEG-OMe(10K), DIC,HOBt o o

Scheme 4.2: Steglich esterification was used to conjugate docetaxel (DTX) to P(LA-co-
TMCC) backbone carboxylic acid functional groups, after which NH,-PEG-OMe was

coupled.
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Figure 4.3: "H NMR of Pprx (CDCL): $1.25 (m, CH; from TMCC), 1.58 (m, CH; from LA),
3.64 (bs, CH; from PEG), 4.26 (m, CH; from TMCC), 5.17 (m, CH from LA). 8.12 (b, 0-Bz
on DTX).

An alternate synthetic route was required to covalently modify the P(LA-co-TMCC) carboxylic
acids with TBP due to potential cross-reactivity of the amino acid side chains (Scheme 4.3).
Here, the backbone carboxylic acid groups were first modified with 3,3 dithiobis(propionic
dihydrazide) (DTP) [214], [217] using DIC and HOBt as coupling agents, thereby introducing
protected thiol functional groups, followed by MeO-PEG-NH; grafting, as described above.
After purification, reduction of the disulfides using dithiolthreitol (DTT) produced a thiolated
polymer, which was then reacted with maleimide-functionalized TBP by a Michael addition
reaction to produce Pgp with an average of 0.8 peptides per backbone (Figure 4.4). Unreacted

thiols were quenched with N-(2-hydroxyethyl)-maleimide.
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Scheme 4.3: Synthesis of Prgp and the scrambled analog, Pscr, were achieved by first
modifying P(LA-co-TMCC) backbone carboxylic acid groups with DTP and NH,-PEG-
OMe followed by reduction of the DTP with DTT to expose thiol groups for Michael
addition of maleimide-modified peptides: either (a) taxol binding peptide (TBP) —
PGFAPLTSRGSQQYAA; or (b) scrambled peptide control (SCR) -
PRSAYAIFGGSQPQTLG.
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Figure 4.4: "H NMR of P(LA-co-TMCC)-g-PEG, DTP (bottom) and P(LA-co-TMCC)-g-
PEG,TBP (top) showing successful conjugation of the PEG and peptide (CDCl;3): 61.25 (m,
CH; from TMCC), 1.58 (m, CH; from LA), 3.64 (bs, CH; from PEG), 4.26 (m, CH; from
TMCC), 5.17 (m, CH from LA). Peptide conjugation was determined by amino acid

analysis to be 0.8 peptides/backbone.
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4.4.2 Polymeric micelle characterization

All modified polymers, represented in Figure 4.1, self-assembled by dialysis to form
uniform polymeric micelles with diameters <200 nm and polydispersity indexes <0.2, as

determined by dynamic light scattering (DLS, Table 4.1).

Table 4.1: Average molar mass of polymers (measured by '"H NMR end group analysis)
and the corresponding diameters of self-assembled polymeric nanomicelles as measured by

dynamic light scattering.

Polymeric Micelle M, (‘"H NMR)* Size (nm, mean + SD)
Unmodified P(LA-co-TMCC)-g-PEG 40800 942 +3.5

Pgn 37500 99.0+7.6

Pprx 41000 148.0+0.4

Prgp 39700 108.4+15.9

*calculated by end group analysis comparing area under the curve for PEG (3.64) vs. LA (5.17) with
backbone M, calculated as previously reported[132].

Additionally, Prgp micelles were further characterized by transmission electron microscopy
(TEM), exhibiting a spherical shape and size under dehydrated conditions of 36 + 11 nm, and a
zeta potential of -2.41 + 0.06 mV (Figure 4.5).
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Figure 4.5: Characterization of Prgp micelles show: (a) narrow distribution of 0.15 and
diameter of 108 nm by DLS, (b) representative fields of view obtained by TEM (scale bar is

50 nm) and (c) zeta potential characterization showing neutral zeta potential.

To investigate differences in drug loading between modified polymers, micelles were formulated
by dialysis with docetaxel, and the encapsulated drug was quantified using high performance
liquid chromatography coupled with tandem mass spectrometry (HPLC-MS/MS). To eliminate
differences due to changes in molar mass, and thus the hydrophilic-hydrophobic ratio after
chemical modification, all loadings were normalized to the mass of the hydrophobic backbone

(Figure 4.6).
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backbone. Relative to P(LA-co-TMCC)-g-PEG nanomicelles (unmodified P), a significant
increase in drug loading was achieved with all hydrophobic modification strategies (benzyl,
Pgn; docetaxel, Pprx; and scrambled peptide, Pscr), with the greatest increase observed for
nanomicelles formulated with taxol binding peptide-modified polymer, Prgp (n = 4-6, mean
+ standard deviation, * p<0.05, ***p<0.001 by one-way ANOVA followed by Bonferroni
post-hoc test).

As shown in Figure 4.6, all of the polymer modifications formed nanomicelles with significantly
higher docetaxel loadings compared to the unmodified polymer (p<0.05, Figure 3). P, and Pprx
showed loadings consistent with those observed with other polymer systems, including
polycaprolactone-PEG and polyhydroxypropyl methacrylamide-PEG [109], [110]. Impressively,
Prgp formed micelles with loadings significantly higher than all other hydrophobically-modified
formulations (p<0.05) and five times higher than the control (49 + 14%, p<0.001), suggesting a
high affinity of the drug with the peptide-polymer core.

4.4.3 Mechanism of TBP loading

To further explore whether the increased docetaxel loading in the Prgp formulation was due to a
specific multivalent interaction or simply due to increased hydrophobicity, we synthesized a
scrambled peptide sequence that had the same overall hydrophobicity and isoelectric point (of

9.34) as the TBP, but with the taxane-specific PLTSR amino acid sequence scrambled. In
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addition, the phenylalanine residue, which is known to interact with the 3’ phenyl ring of
docetaxel, was scrambled within the peptide sequence. Notably, cell lines with point mutations in
the microtubule at either the phenylalanine or within PLTSR are DTX resistant [218], [219].
Interestingly, the scrambled peptide-polymer conjugate (Pscr) showed significantly less
encapsulated docetaxel than Prgp and only a modest increase in drug loading relative to
unmodified polymer controls (two times higher, Figure 4.6), which is similar to that of Pg, and
Pprx. Given that hydrophobic interactions in general can increase loading and we specifically
maintained a similar hydrophobicity in the scrambled vs. normal taxol binding peptide, we
attribute this modest increase in loading in Pscr nanomicelles to general hydrophobic
interactions with the drug, similar to those observed with Pg, and Pprx. Importantly, these data
suggest that a specific interaction between TBP and docetaxel accounts for the significantly

greater docetaxel loading in Prgp.

The high loading of the Prpp suggests multivalent interactions within the core, in which binding
of the peptide to the drug facilitates drug-drug stacking. Characterizing the specific interaction
between the taxol binding peptide and the drug is an analytical challenge due to the poor
solubility of both the docetaxel and the peptide. Classic techniques for measuring affinity, such
as isothermal titration calorimetry, require aqueous experimental conditions that are not
achievable with these molecules. Organic solvents required to solubilize the binding partners in
techniques such as 'H NMR neither reflects the native environment within the polymeric
nanomicelle nor the cell, and have been reported to cause a change in the conformation of both

short peptide sequences and docetaxel itself [220], [221].

4.4.4 Serum stability of Prgp micelles

As higher drug loadings can result in reduced micelle stability in the presence of serum proteins
[189], we were particularly interested in characterizing the stability of these high docetaxel
loaded nanomicelles. The reduction in stability is typically associated with protein adsorption
onto the nanoparticle surface which can cause premature drug release due to a partitioning effect
between the hydrophobic core and hydrophobic pockets of the proteins [85]. This lack of
stability limits in vivo efficacy and is evident with in vitro studies. To determine whether the high
docetaxel loading observed with Prpp alters micelle stability, we investigated their in vitro serum
stability relative to unmodified polymeric nanomicelles. Nanomicelles were incubated with fetal

bovine serum (FBS) in phosphate buffered saline (PBS, 1X) at 37 °C [105], [197]. At 0, 24 and
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48 h, an aliquot of the nanomicelle solution was taken and separated from serum proteins using
fast protein liquid chromatography (FPLC). The docetaxel in the nanomicelle fraction was
quantified using HPLC-MS/MS. The compiled data in Figure 4.7 is presented: (A) as docetaxel
amount that is encapsulated, relative to time zero, as a function of time; and (B) as absolute drug
loading over time, assuming no polymer is lost to protein adsorption. Drug loaded Prgp
nanomicelles showed no significant differences (p=0.89) in docetaxel release compared to the
unmodified polymer (Figure 4.7A), demonstrating that the higher docetaxel loaded Prpp
nanomicelles were as stable in serum as the unmodified formulations. This is noteworthy
because nanomicelles loaded with more chemotherapeutic are often less stable in serum [213],
[222], [223]. Moreover, the absolute drug loading was higher at all time points up to 48 h in Prgp
nanomicelles (Figure 4.7B) and remained relatively unchanged up to 24 h. Importantly, stable
drug loadings in serum solutions for 24 h is considered long, and provides sufficient time for
tumour accumulation in vivo.' After 24 h, a decrease in docetaxel is observed (to ~35% at 48 h),
suggesting release of payload due to micelle dissociation [197]. Importantly, these data show that
the increased drug loading observed with Prgp micelles does not come at the expense of kinetic

nanomicelle stability, which is key to ultimate use in vivo.
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Figure 4.7: Serum stability of docetaxel-loaded Prgp vs. unmodified P(LA-co-TMCC)-g-
PEG was compared over 60 h in terms of: (A) the amount of docetaxel encapsulated
relative to time 0; and (B) the total docetaxel loaded (as a percentage of the polymeric
backbone). As shown in (A), there was no significant difference between the stability of
unmodified P(LA-co-TMCC)-g-PEG and Prgp over 60 h (n=3-6, mean =+ standard
deviation, p=0.89 comparing slopes). As shown in (B), the percent of docetaxel loaded drug
is significantly higher in Prgp than unmodified polymer control nanomicelles at all time
points up to 48 h (**p<0.01***p<0.001), and relatively unchanged at 24 h, assuming no

polymer loss due to degradation or dissolution (n=3-6, mean + standard deviation).

4.4.5 Cytotoxicity of Prgp micelles

Polymeric cytocompatibility and docetaxel-loaded nanomicelle cytotoxicity are both critical for
future in vivo applications. To demonstrate the cytocompatibility of the Prgp (without
encapsulated docetaxel) and the cytotoxicity of docetaxel loaded Prgp micelles, polymeric
nanomicelles were incubated with the human epithelial breast cancer line, SKBR-3 cells. Cell

viability was assessed after 48 h and normalized to untreated cells (Figure 4.8).
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Figure 4.8: Cytotoxicity of various treatments against SKBR-3 cells was measured using
the Presto Blue assay after 48 h incubation and normalized to untreated control SKBR-3
cells. Both Prgp and unmodified P(LA-co-TMCC)-g-PEG nanomicelles are cytocompatible,
showing 100% viability as compared to untreated cell controls. Both drug loaded
nanomicelles (unmodified P(LA-co-TMCC)-g-PEG + DTX and Prgp + DTX) show similar
cytotoxicity to free DTX (n=3 separate cultures, mean + standard deviation, ***p<0.001, by

one-way ANOVA followed by Bonferroni post-hoc test).

Importantly, both unmodified polymeric nanomicelles and Prgp nanomicelles, without
encapsulated docetaxel, showed no cytotoxicity relative to untreated cells, demonstrating
cytocompatibility of both polymers. Since free DTX is highly toxic with an ICsy of 10 ng/mL
(Figure 4.9), it was used as a positive control to test the cytotoxicity of DTX when loaded in both
unmodified and Prgp nanomicelles. Using dose-matched controls, we observed no significant
difference between DTX and the encapsulated DTX, suggesting that encapsulation did not
impede the mechanism of action of the drug within the cell. Importantly, all DTX formulations

were cytotoxic compared to controls.
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Figure 4.9: In vitro cytotoxicity of docetaxel in SKBR-3 breast cancer cells. Cells were

exposed to the different concentrations of docetaxel for 4 h, followed by media replacement
and growth for 48 h. % Cell viability was determined by the Presto Blue assay as described
in Methods. Red dashed line identifies the ICsy determined. (n=3 separate cultures, mean +

standard deviation)

4.5 Conclusion

Achieving high drug loading while maintaining both serum stability and cytocompatibility are
critical for ultimate use as clinically relevant polymeric nanomicelle formulations. Here we
show, for the first time, that by incorporating the natural binding site of the drug with the -
tubulin peptide into our polymeric nanomicelle design, we achieve enhanced loading without
jeopardizing either kinetic serum stability or drug toxicity. This strategy has broad applicability
to other polymeric systems. The affinity demonstrated with P(LA-co-TMCC)-g-PEG is not
specific to this polymer, but rather to the taxol binding peptide and taxanes. By incorporating this
peptide onto other polymer scaffolds, the delivery of taxanes chemotherapeutics can be
enhanced. Furthermore, a rational design approach using known peptide mimetics could form the
basis for the encapsulation of other drugs™*, thereby overcoming key limitations of high drug

loading (without the usual loss of serum stability) of polymeric nanomicelles.
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5.1 Abstract

We developed a novel taxol-binding peptide (TBP) modified, biodegradable polymeric micelle
that overcomes limitations of drug loading and poor serum stability typically seen with micelle
delivery, leading to enhanced pharmacokinetics and tumour distribution of docetaxel (DTX).
The use of the taxol binding peptide to increase docetaxel loading is particularly compelling as it
takes advantage of a known intracellular binding mechanism in a new way. Docetaxel is a potent
chemotherapeutic with a therapeutic index limited by the toxicity of the excipients that are
necessary to enhance its solubility for intravenous delivery. Our polymeric micelle has terminal
furan groups that enable facile antibody Fab conjugation by Diels-Alder chemistry for targeted
delivery. Compared to the conventional ethanolic polysorbate 80 formulation (Free DTX), our
nanoparticle (NP DTX) formulation exhibited a two-fold increase in exposure and tumour
accumulation. Notably, the reduced toxicity of the NP DTX formulation increased the
therapeutic index and allowed for higher dosing regimens, with a maximum tolerated dose
(MTD) 1.6-fold higher than that of the Free DTX formulation, which is significant and similar to
enhancements observed in clinical products for other drugs. These improved properties led to
enhanced mouse survival in an orthotopic model of breast cancer, however, the targeted
formulation of Fab-NP DTX did not further improve efficacy. Together, these results clearly
demonstrate the benefits of the TBP-modified polymeric micelles as promising carriers for

docetaxel.
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5.2 Introduction

Despite widespread clinical use, taxane chemotherapeutics, like docetaxel (DTX), represent a
formulation challenge. Current clinical formulations have dose-limiting systemic side effects,
such as neutropenia [224] and hypersensitivity reactions [7] associated with the high
concentrations of toxic excipients (e.g. polysorbate 80). To circumvent these issues, nanoparticle
delivery strategies have been pursued with biocompatible amphiphilic polymers that solubilize

drugs within their hydrophobic core during self-assembly.

While several polymeric micelle strategies have been explored, these systems are plagued by low
drug loadings and poor stability that can limit their translation in vivo [43], [107], [189]. By
facilitating intermolecular interactions within the micelle core, high drug loadings and stability in
serum conditions can be achieved [105], [110], [190], [211]. Furthermore, enhanced drug-carrier
compatibility has been shown to improve nanotherapy efficacy [208], [225]. Our novel polymer,
poly(D,L-lactide-co-2-methyl-2-carboxytrimethylene carbonate)-graft-polyethylene glycol
(P(LA-co-TMCC)-g-PEG, Figure 5.1A), forms stable micelles, and is amenable to chemical
modification through carboxylic acids along the backbone and end group PEG modification on
the corona [135], [155]. In order to increase docetaxel (DTX) loading, we incorporated the taxol
binding peptide (TBP) into our polymer design, thereby taking advantage of a known
intracellular binding pathway. We were successful and achieved DTX loading in the polymeric
micelles that was double compared to typical nanoparticle formulations [190]. Notably, this

docetaxel-micelle system was stable in serum with a half-life of greater than 24 hours [190].

Herein, we test the in vivo efficacy of this new polymeric micelle formulation (Prgp) with
encapsulated DTX and evaluate the utility of active targeting with the incorporation of a novel
anti-human epidermal growth factor receptor 2 (HER2) fragment antibody, Fab 73J (Figure
5.1B). The use of Fab has been shown to mitigate the premature clearance associated with
antibody engagement of Fcy receptors on immune cells [226]. Compared to the clinically used
trastuzumab, Fab 73] binds to a unique epitope of the HER2 receptor and has comparable
binding and trafficking [29].

We assessed the preclinical efficacy of this formulation in a clinically relevant orthotopic tumour
model. In the current study, we used an established orthotopic breast cancer model in NOD-

SCID-IL-2Rynull (NSG) mice to better recapitulate the human disease [227]. Compared to



90

subcutaneous xenograft models, orthotopic models more accurately represent the vasculature and
metastatic potential of patient tumours and better predict clinical results [61], [62], [227]-[229].
Here we report the enhanced tolerability and efficacy of a taxol-binding peptide conjugated

polymeric micelle formulation of DTX in this mouse model of breast cancer.
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Figure 5.1: (A) Schematic of NP DTX formation from self-assembly of Prgp (P(LA-co-
TMCC)-g-PEG,TBP) with docetaxel. Docetaxel binds specifically to TBP, facilitating high

drug loading. (B) Fab 73J conjugation to NP by furan-maleimide Diels-Alder click

chemistry.

5.3 Materials and Methods
5.3.1 Free DTX and NP DTX formulations

Free DTX was prepared by dissolving DTX in a mixture of ethanol and polysorbate 80 and then
diluting in saline to a final solution of 7.5% polysorbate 80, 10% ethanol, 82.5% saline. The 1.25
mg/mL stock was injected directly or diluted to the desired concentration.
P(LA-co-TMCC)-g-PEG-Furan (Pgyan) and P(LA-co-TMCC)-g-PEG, TBP (Prgp) were
synthesized following previously established protocols[132], [197]. Briefly, backbone is
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synthesized by a ring opening polymerization of D,L-lactide and 2-methyl-2-carboxy-
trimethylene carbonate catalyzed by a thiourea and initiated by a pyrenebutanol. PEG chains are
grafted onto the backbone by carbodiimide chemistry, and peptide is conjugated onto backbone
using a Michael addition between a thiolated backbone and a maleimide modified peptide [190].
After purification by dialysis and size exclusion chromatography, polymers were lyophilized and
further characterized. Both polymers were characterized by 'H NMR and Prgp was further
analyzed by amino acid analysis. For NP DTX formulations, polymer was a mix of 90% Ptgp
and 10% Pgyran. NP DTX were formed by co-dissolving polymer (4 mg) and DTX (2.4 mg) in
DMF (1 mL) to which 50 uL of borate buffer (pH 9, 500 mM) was added. The solution was left
at room temperature for 15 min before 0.5 mL of distilled water was added dropwise. Batches
were scaled up to 15 mL of DMF depending on the scale of material needed for individual
studies. Scale-up had no impact on drug loading or NP size. Solutions were dialyzed against
distilled water for 24 h, changing the water two times (MWCO 2 kg/mol). The solution was
centrifuged to remove DTX aggregates prior to use and characterization (5000 rpm, 15 min).
Particles were characterized by dynamic light scattering (DLS). DTX concentration was
quantified by HPLC-MS/MS using a Waters XTerra C18 column (3.5 wm) on an Agilent 1100
HPLC equipped with an AB Sciex API 4000 triple quadrupole mass spectrometer with
electrospray ionization source detector. Solutions were diluted into 80:20 v/v acetonitrile: water
and compared to a DTX standard curve (3.125-200 ng/mL) using paclitaxel as an internal
standard (100 ng/mL). NP DTX solutions were lyophilized and stored at -20°C prior to use.
Immediately prior to injection, NP DTX was resuspended in saline to desired concentrations for
dosing. Solutions were sonicated in a water bath at 25°C for 10 min to ensure complete

dissolution.

5.3.2 Cell maintenance and preparation

MDA-MB-231/H2N cells were a generous gift from Dr. Robert Kerbel (Sunnybrook Research
Institute, Toronto, ON, Canada). The cells were maintained in house in RPMI 1640 culture
medium supplemented with 10% heat-inactivated fetal bovine serum (FBS), 50 units/mL
penicillin and 50 ug/mL streptomycin under a humidified 5% CO, environment. To prepare cells
for injection, cells were rinsed with PBS and detached using trypsin-ethylenediamine tetraacetic
acid (trypsin-EDTA). Once suspended, cells were pelleted and washed 3 times in PBS before

resuspension at a concentration of 31.25 x 10° cells/mL. Cells were kept on ice prior to injection.
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5.3.3 Orthotopic breast cancer model

The protocols used in these in vivo studies were approved by the University Health Network
Animal Care Committee and performed in accordance with current institutional and national
regulations. Animals were housed in a 12 h light and 12 h dark cycle with free access to food and
water. NOD scid gamma (NSG) mice were bred either in-house (for PK and efficacy study) or
purchased from Jackson (for MTD study). 7-9 week old female mice were selected for tumour
xeno-transplantation. To form orthotopic mammary fat pad tumours, mice were inoculated with
1.5x 10° MDA-MB-231-H2N cells suspended in 50 uL of sterile PBS. Prior to surgery, mice
were anaesthetized with isoflurane-oxygen. The surgical area was depilated and swabbed with
betadine before making an incision in the skin of the lower abdomen to the right of the midline,
uncovering the mammary fat pad in the right inguinal region into which the cells were injected.
The incision was then sutured closed and lactated Ringer’s solution and buprenorphine were

given post-operatively for recovery and pain management.

5.3.4 DTX injections

For all studies, mice were injected through the tail vein with 200 pL of specified formulation
using a BD324702 insulin syringe. Syringes were pre-coated with either 0.01% polysorbate 80 in
saline (for free DTX formulations) or with 1 mg/mL polymer in saline to prevent drug loss.
Syringes were pre-coated by drawing and withdrawing solutions 3 times prior to filling with

desired formulation.

5.3.5 Maximum tolerated dose study

Maximum tolerated doses were determined in a dose escalation study between 2 and 10 mg/kg
docetaxel. Mice bearing orthotopic MDA-MB-231/H2N tumours (2 weeks post cell impant)
were randomized into treatment groups and given three injections at selected doses at days 0, 5
and 8. Mice were monitored daily for weight loss and signs of distress (unresponsive, labored
breathing, discharge). At day 15 post-injection, mice were euthanized and organs (tumour,
kidney, liver, thigh muscle) were collected for histology (H&E). All sections were examined by a

trained pathologist at the CMDH Pathology Core.
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5.3.6 Pharmacokinetics and biodistribution study

The PK and biodistribution of NP DTX was compared to free DTX at 5 mg/kg in mice 2 weeks
post cell implantation (tumours palpable). Groups of 16 mice were randomly assigned to each
formulation, with groups being subdivided into three groups of three (terminal end points at 2, 4
and 7 h) and one group of six (terminal end point at 24 h). Mice were placed on a staggered
blood sampling schedule (10 min, 30 min, 1, 2, 4, 7 and 24 h) via a femoral blood draw (<30 pL)
such that each mouse was sampled for blood no more than three times prior to a terminal cardiac
puncture. Blood was collected using EDTA tubes (Sarsdet 16.444.100) and immediately
centrifuged to collect the plasma fraction. At terminal time points animals were sacrificed by
CO, asphyxiation and blood was collected via cardiac puncture. The plasma fraction was
immediately isolated by centrifugation. Tissues samples (heart, lung, liver, kidney, spleen, and

tumour) were collected by dissection, rinsed in PBS, placed in vials and snap frozen.

5.3.7 Plasma and tissue preparation

To prepare plasma for quantification by HPLC-MS/MS, samples were thawed and 10 pL was
removed and diluted with 10 pL of 1% formic acid in water. To this solution, 10 pL of 100%
acetonitrile containing paclitaxel, the internal standard, at 1 pg/mL was added. The sample was
vortexed (15 sec, 2x) prior to the addition of 70 pL cold acetonitrile. After an additional vortex,
samples were centrifuged at 16,000g for 15 min at 4°C to spin down precipitated protein.

Supernatant was removed for quantification by LC-MS/MS as described above.

To prepare the tissues for quantification, samples were thawed, accurately weighed, and 1.0 mm
diameter zirconia beads were added to the tubes (~20 beads/tube) to facilitate homogenization.
200 pL of 1% formic acid and 200 pL of acetonitrile containing 500 ng/mL of the internal
standard were added. Samples were homogenized for 1 minute (2x) using a bead beater, with
cooling over ice between homogenization steps. 600 puL of cold acetonitrile was added to the
tube, followed by an additional two homogenization steps. Samples were then spun down at
16,000xg for 15 min in the cold room to remove precipitated protein. Supernatant was removed

for quantification by LC-MS/MS.
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5.3.8 DTX concentration measurement

Chromatographic separations were carried out using the LC-MS/MS as described in the above
section to quantify drug loading. The mobile phase was 0.1% formic acid in water (solvent A)
and methanol (solvent B). The column was held for 0.5 min at 50% solvent A, with a drop to 5%
over 0.5 min, holding for 0.5 min, and moving back to 50% in 0.1 min, with a final hold for 3.2
min. Docetaxel was quantified by comparing to a docetaxel standard curve (3.125 ng/mL-200
ng/mL), using paclitaxel as an internal standard (100 ng/mL). Docetaxel was monitored at
830.20 and 549.20 m/z; paclitaxel was monitored at 876.20 and 308.10 m/z. When necessary,

samples were diluted further to be within the linear standard curve.

5.3.9 Fab-73J conjugation

Fab-73J was modified with a maleimide (average 1.9 maleimide/Fab quantified using SAMSA
fluorescein) using sulfo-SMCC chemistry previously described [29]. Upon resuspension of NP
DTX in saline (pH 5.5), 23 puL of a 4.4 uM solution of Fab-73J-maleimide (10 eq to NP) was
added to the solution and allowed to react via Diels-Alder (between the Fab-73J-maleimide and
PEG-furan) for 4 h prior to injection. We have previously shown that an average of 10
antibodies/particle results in optimal fractional coverage of HER2 overexpressing cells [230].
Previous work has shown the Diels-Alder reaction was confirmed to go to completion at low
equivalents using Alexa Fluor-488 labelled Fabs [29], so a purification step (and subsequent loss

of drug) can be avoided.

5.3.10 Efficacy study

Mice bearing orthotopic MDA-MB-231/H2N tumours were checked biweekly to monitor tumour
progression and body weight. When tumours were palpable, mice were randomized into five
groups (n=9) by tumour size and body weight, and treated by intravenous tail vein injection with
one of (1) NP Control (6 mg/mL polymer NP in saline) (2) NP DTX (5 mg/kg DTX in the NP,
dissolved in saline) (3) Free DTX (5 mg/kg DTX, dissolved in 7.5% polysorbate 80, 10% ethanol
in saline) (4) NP DTX (8 mg/kg DTX in the NP, dissolved in saline) (5) Fab-NP DTX (8 mg/kg
DTX in the Fab-73J-NP, dissolved in saline) on days 0, 5, and 8. Tumour dimensions and body
weight were measured biweekly. The tumour volume was calculated using the formula: V=(m x
(short diameter)” x (long diameter))/6. Mice with tumour volumes >1500 mm’ or weight loss of

over 20% were sacrificed.
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5.3.11 PK and statistical analyses

PK parameters were assessed with Phoenix WinNonlin. All statistical analyses were performed
using Graph Pad Prism version 5.00 for Macintosh (Graph Pad Software, San Diego, California,

www.graphpad.com). Differences among 3 or more groups were assessed by one-way ANOVA

with Bonferroni post hoc correction to identify statistical differences among three or more
treatments. Analysis of survival curves was done using a Log-rank Mantel-Cox Test. Alpha
levels were set at 0.05 and a p value of <0.05 was set as the criteria for statistical significance.

Graphs are annotated where p-values are represented as *p<0.05, **p<0.01, or ***p<0.001.

5.4 Results
5.4.1 Synthesis and characterization of NP DTX

The polymers used to prepare nanoparticles (NP DTX) were synthesized by an organocatalyzed
ring opening polymerization of D,L-lactide (LA) and 5-methyl-5-benzyloxycarbonyl-1,3-
trimethylene carbonate (TMCC-Bn) followed by benzyl deprotection to produce the poly(D,L-
lactide-co-2-methyl-2-carboxytrimethylene carbonate) (P(LA-co-TMCC)) backbone [132] that
was then grafted with 10,000 g/mol PEG chains by carbodiimide chemistry [197]. Polymers were
characterized by 'H NMR and showed an average of 3 PEGs/backbone. P(LA-co-TMCC)-g-
PEG-furan (Pgyran) was synthesized using a PEG modified with a furan end group, while P(LA-
co-TMCC)-g-PEG, TBP (P1gp) used methoxy-terminated PEG groups. Prgp was synthesized by
Michael addition between the maleimide-TBP peptide and a thiolated backbone, and showed an
average of 1 peptide/backbone by amino acid analysis [190]. NP DTX was formed by co-
dissolving polymers (10% Pgyran, 90% Prgp) and docetaxel in DMF and then dialyzing against
water for 24 h. The Z-average particle size was measured by dynamic light scattering (DLS) to
be 121 £+ 25 nm with a distribution of 0.15 + 0.03. The particle size is larger than particles
without docetaxel (108 + 16 nm), consistent with observations from other systems [109], [225].
Absolute drug loading of particles used in the three in vivo studies was 18.5 £ 1.1%, which is
double that achieved by any other micellar formulations of docetaxel [181], [231] and reflects the

importance of the incorporation of the taxol-binding peptide to drug loading.

To assess the benefit of actively targeting the cancer cells, we included a targeted arm in our
efficacy study. NP DTX was targeted by conjugating Fab 73J, a novel HER2-binding Fab, using
Diels-Alder click chemistry between furan end groups of the PEG and maleimide-modified Fab
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73J to achieve an average of 10 Fab/NP (Figure 5.1B). We have previously shown that this Fab

increases intracellular uptake of NPs in vitro in HER2+ breast cancer cell lines [29].

5.4.2 Maximum tolerated dose

Before evaluating the pharmacokinetics and efficacy of our formulation, we evaluated its
tolerability compared to a clinically relevant surfactant-based formulation. Taxotere, the
clinically used formulation of docetaxel, is comprised of docetaxel in a solution of 20%
polysorbate 80 and 13% ethanol in saline. Notably, as this formulation caused severe toxicity
upon injection into the NSG mice, we reduced the excipients to 7.5% polysorbate 80 and 12.5%
ethanol for the Free DTX formulation in this study. Even this scaled-down formulation caused
mild lethargy immediately following injection in many of the animals. In contrast, injections of
NP DTX and NP alone (i.e., particles without docetaxel) caused no adverse reaction upon
injection, and injection of NP alone was comparable to that of no injection in terms of animal

activity level and tail vein damage.

Strikingly, the maximum tolerated dose (MTD) of DTX is 1.6-times higher in the NP DTX
formulation compared to the free formulation (8 mg/kg vs. 5 mg/kg, Figure 5.2). Significant
weight loss was seen in animals receiving high doses of Free DTX (>5 mg/kg). In contrast, NP
DTX up to 8 mg/kg caused only minor weight loss (<10%) and a rapid 3-5 d recovery without
any abnormality in the histology of clearance organs, such as the kidney and liver. The number
of injections was limited to three due to severe tail vein damage from the high percentage of
polysorbate 80 (7.5%) used in the Free DTX formulation. The improved tolerability of the NP
DTX formulation gives a greater therapeutic index and allows for higher dosing in the efficacy
study. Before assessing the efficacy, we characterized the two formulations in terms of

pharmacokinetics and biodistribution.
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Figure 5.2: MTD study. Weight change for mice receiving dose escalation of either Free or
NP-DTX formulations. Free DTX at 10 mg/kg induced significant weight loss (>20%) in all
four mice. At 5 mg/kg, Free DTX caused weight loss >10% in 4/8 animals, and was
determined as the MTD for this formulation, consistent with previous reports in NSG mice.
The MTD of NP-DTX was not reached, but at the highest concentration of the formulation,
8 mg/kg, only 1/4 mice had weight loss >10%.

5.4 .3 Pharmacokinetics and biodistribution

Pharmacokinetics and biodistribution of formulations were evaluated at the MTD of the free drug
formulation (5 mg/kg), thereby allowing the two formulations to be compared at equivalent
doses. Following a bolus intravenous injection, docetaxel quickly distributes through the body
and is metabolized and eliminated. Consistent with previously reported pharmacokinetic profiles
of this drug [131], [232], both the free and NP formulations show a significant drop in plasma
concentration immediately following injection, with less than 10% of the initial dose remaining
in the plasma after ten minutes (Figure 5.3). NP DTX showed a modest improvement in
pharmacokinetic parameters over the 7 h time period. The lambda half-life (t;2,1) of the drug in
the plasma showed a 1.5-fold increase. The area-under-the-curve (AUC), a measure of drug
exposure, had a 2-fold increase while the clearance (Cl), a measure of drug elimination, was
reduced to half of that of the conventional formulation (Figure 5.3). Interestingly, these
seemingly modest improvements are consistent with those seen with clinically used NP
formulations of paclitaxel such as Genexol-PM [233] and Nanoxel-PM, a docetaxel formulation

currently under evaluation [234]. Importantly, these parameters suggest greater drug exposure to
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the tumour at equivalent doses, and the extended circulation time enables greater tumour

accumulation.
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Figure 5.3: Pharmacokinetic profiles of Free DTX and NP DTX in tumour bearing mice.
Plasma concentration is significantly higher in the NP DTX formulation at all time points
except for 4 h (where there is no statistical difference), and gives a higher half-life, t;/,,
(1.5x), area under the curve, AUC (2x) and slower clearance, Cl (~}2) (n=10, mean + SD,
*p<0.05, **p<0.01)

To evaluate biodistribution, a panel of organs was harvested at sacrificial time points between 1
and 24 h. DTX was quantified after extraction from tissue by HPLC-MS/MS. While
nanoparticles frequently accumulate in organs of the mononuclear phagocyte system, such as the
liver or spleen, no significant differences were seen between the NP and conventional
formulation. With the exception of the 1 h time point, the distribution was similar between the
two formulations in the liver, spleen, kidney, heart and lungs (Figure 5.4). In the liver we see the
drug is rapidly washed out or metabolized, with <0.1% of the initial dose present at the 24 h time
point. The other organs show a sharp decline in DTX concentration over the 24 h, consistent with
clearance from these organs. Interestingly, reduction in DTX content in the tumour tissue was
more gradual, with NP DTX formulations maintaining approximately 1% of the initial dose at
the 24 h time point. The tumour tissue showed increased accumulation (between 1.7 and 2.8-
times) of DTX at early time points when delivered in the NP formulation vs. in the free form,

suggesting passive targeting to the tumour site of NP DTX.
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Figure 5.4: Biodistribution profiles of Free DTX and NP DTX in tumour, liver, kidney,
spleen, lung and heart at 4 time points. Tumour shows increased accumulation of DTX
when delivered in NP formulation at early time points (n=3, mean + SD, *p<0.05, **p<0.01,

***p<0.001).

5.4.4 Efficacy in MDA-MB-231/H2N tumour model

We used an orthotopic HER2+ breast cancer model in NSG mice to evaluate the anti-tumour
efficacy of systemically administered NP DTX compared to both actively targeted Fab-NP DTX
and Free DTX. When tumours were palpable, with an average volume of 10 mm’, mice were
administered three doses (at days 0, 5, and 8 after palpable tumours) of either NP alone, 5 mg/kg
Free DTX, 5 mg/kg NP DTX, 8 mg/kg NP DTX or 8 mg/kg Fab-NP DTX. By comparing the
maximum tolerated dose of Free DTX (5 mg/kg) to the same dose of NP DTX and to the
maximum tolerated dose of NP DTX (8 mg/kg), we gained a better understanding of the benefit
of encapsulation. Furthermore by comparing the NP DTX to the Fab-NP DTX, we gained a
better understanding of the benefit of active targeting. On Day 39, both Free and NP DTX at 5
mg/kg significantly inhibited tumour growth by 50% compared to the NP alone group (p<0.001,
Figure 5.5A and B). At 8 mg/kg, inhibition of growth was more pronounced than the lower dose,
with both NP DTX and Fab-NP DTX formulations significantly inhibiting growth by 72%
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compared to NP alone and 48% compared to the lower dose (p<0.001). Importantly, this
difference was seen over a month after injection, suggesting that long-term tumour growth was
reduced with early treatment. While in this immunocompromised NSG model, we did not expect
additional toxicity associated with the 73JFab, we did expect enhanced efficacy at the tumour,
associated with targeting to HER2. There was no difference in Fab-NP DTX and NP DTX,
indicating that the 73JFab had minimal impact on DTX tumour targeting. Notably, no visible
signs of distress were detected in mice treated with NP DTX at either dose and the limited weight
loss observed (Figure 5.5C) showed good tolerability of these selected doses over the 60-day
study period. The improved tolerability of the NP DTX formulation correlated with better
survival due to higher dosing, with animals receiving 8 mg/kg NP DTX living an average of 30%

longer than those receiving Free DTX drug at 5 mg/kg (p<0.001, Mantel-Cox test, Figure 5.5D).
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Figure 5.5: Efficacy of NP-DTX in MDA-MB-231/H2N bearing NSG mice. (A) Anti-tumour
effect of NP DTX (with or without Fab73J, 5 mg/kg or 8 mg/kg) compared to Free DTX (5
mg/kg). Higher doses (8 mg/kg) of NP DTX resulted in significant inhibition of tumour
growth compared to controls and Free DTX at 5 mg/kg (p<0.001). (n=9, except for
untreated n=3, mean + SD) (B) Tumour growth curves to study completion at day 60. (C)
Weight loss showed good tolerability of all formulations (maximum weight loss was ~10%)
with recovery within 5 days. (n=9, mean + SD). Red arrows indicate injections of specified
treatments. (D) Kaplan-Meier survival plots correlate to tumour growth plot, showing high

doses of NP DTX allow survival up to 60 d post-initial injection.
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5.5 Discussion

Polymeric micelles for chemotherapeutic delivery are frequently limited by their low loading and
poor stability in vivo. By modifying the polymeric backbone with the taxol-binding peptide, high
drug loading is achieved without loss of micelle stability. This high loading facilitates efficacious
doses of docetaxel to be delivered in vivo with 2-fold lower polymer concentrations than typical
NP systems. This NP formulation is tolerated better than the conventional surfactant based
formulation, increasing the maximum tolerated dose from 5 mg/kg to 8 mg/kg; this increase of
1.6-times had a dramatic effect in vivo. While there are currently no FDA-approved nanoparticle
formulations of docetaxel, formulations of other chemotherapeutics have been approved as first-
line therapy for a range of cancers (e.g. Abraxane, Marqibo, Genexol-PM and Doxil) [38].
Enhanced tolerability has proven crucial to the clinical success of these nanoparticles [233], with
all of the clinical formulations being given approval on the basis of improving the drug’s
toxicological profile in patients [49], [235]. Many of these nanoparticles have also improved
clinical outcomes of drugs due to increased dosing and favorable pharmacokinetic profiles.
Notably, the delivery of paclitaxel in a nanoparticle (Abraxane) allowed a 1.7-fold increase of
the maximum tolerated dose over Taxol, and showed a significantly better response rate (33%

versus 19%) in a Phase III trial in breast cancer patients [236].

The rationale behind many NP delivery strategies is based on tumour accumulation due to the
enhanced permeability and retention (EPR) effect [34]. This has become a widely debated area,
as the translation of NPs to humans has been hampered due to tumour heterogeneity between
patients and cancers [237]. Clinical results suggest that the EPR effect is not consistent, and only
a subset of patients may benefit from the use of vehicles on the nanoscale [40], [238].
Notwithstanding these observations, the value of NP platforms extends beyond the EPR effect.
Successful solubilization of the hydrophobic drug in biocompatible carriers can improve the
therapeutic index and enhance tumour accumulation [239]. Our novel taxol-binding peptide-
conjugated particle platform showed improvements in pharmacokinetics compared to the free
formulation, with an increase in parameters indicative of drug exposure, such as half-life and
area-under-the-curve, and a decrease in parameters indicative of drug elimination, such as the
clearance. Additionally, we see enhanced tumour accumulation at early time points up to 8 h,
similar to improvements seen with other carriers of taxanes, such as Genexol-PM [233]. While

other carriers show greater exposure and half-life [225], [232], since severe neutropenia and
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thrombocytopenia are the main side effects of this drug [224], the modest enhancements in the
plasma t;; that we observe are likely more desirable for future translation. Remarkably, there
was no significant enhancement of DTX levels in the organs of the mononuclear phagocyte
system (MPS), the liver and spleen, suggesting that the highly PEGylated surface was able to
successfully modulate the MPS response [197], [240].

Our novel NP DTX platform was efficacious against an orthotopic HER2" breast cancer tumour
in NSG mice, showing a reduced tumour burden compared to NP alone. Importantly, the
heightened tolerability of this formulation allowed higher doses than the surfactant based
formulation, resulting in reduced tumour size and longer survival. It should be noted that while
orthotopic models have been shown to be more clinically relevant [228], [229], they also require
the use of severely immunocompromised mouse strains, such as the NSG, whose sensitivity
reduces tolerability for chemotherapeutics. The challenge of these models is that we do not see
the sought-after complete tumour regression, which has been achieved in other mouse strains;
however, the significant reduction in tumour burden that we observed over the course of the
study is promising [241]. Importantly, tumour response alone is not a good endpoint and does not
always correlate with overall survival [237]. For this reason, we also show that high doses of NP
DTX can extend survival of animals by over 30% compared to the maximum tolerated dose of
Free DTX. At matched doses, there are no significant differences between NP DTX and Free
DTX in terms of tumour size and survival, suggesting that the enhancements in PK and
biodistribution of NP DTX do not correlate to an improvement in efficacy. While tumour sizes
are smaller for dose-matched NP DTX at most time points, these differences are not significant.
This result is similar to a recent study by Yan et al., where paclitaxel delivered in NPs showed

improvement based on tolerability, but not in tumour burden at matched doses [192].

The utility of the Fab 73] targeting ligand is of particular interest. We chose the Fab vs. the full
IgG to minimize the immune response to the Fc region, even though we recognize that this
would have minimal (if any) impact in the NSG mouse model. While previous in vitro studies
[29] showed that the incorporation of an active targeting ligand increases cell uptake, this did not
result in improved efficacy in vivo. There were no significant differences between Fab-NP DTX
and NP DTX at matched doses, suggesting that the incorporation of the Fab does not impact
efficacy in this system. This is consistent with a number of previous reports, which suggest that,

for the delivery of hydrophobic small molecules which freely penetrate cell membranes when
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released from their vehicle, active targeting ligands provide no additional benefit [83], [242]-
[244]. While ligands are able to efficiently get NPs into cancer cells in vitro, they neither change
the in vivo biodistribution nor the tumour accumulation [64], [245]. It should be noted that active
targeting ligands could have significant value for the delivery of hydrophilic therapeutics, such
as siRNA, which cannot passively diffuse across membranes [246], [247]. They also have utility
when the antibody has therapeutic efficacy, as in antibody-drug conjugates wherein both the
antibody and drug act on tumours. While the 73JFab was designed to bind to the HER2+ breast
cancer cells, the missing Fc region may prevent antibody dependent cell-mediated cytotoxicity
(ADCC) [29], [59]; however, even a full IgG (73JIgG or the clinically used trastuzumab) would

not be efficacious by this mechanism in our immunocompromised mouse model [21].

Achieving more efficacious formulations of docetaxel is critical for clinical use. Here we show
that by using a high-load, serum-stable, TBP-modified NP system, we can deliver DTX more
effectively and at higher doses compared to a free surfactant based formulation. We expect this
strategy of TBP modification to be broadly applicable to other delivery vehicles and not limited
to our polymeric nanoparticles. The surfactants used to solubilize these hydrophobic drugs for
intravenous formulations are toxic, and associated with a number of adverse reactions in patients.
By eliminating the surfactant and using a biocompatible nanoparticle, we are able to increase the
dose in NSG mice bearing an orthotopic breast tumour, leading to enhanced survival and reduced

tumour burden.
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6 Thesis Discussion

Despite the vast amount of research in the area, cancer remains a clinical challenge due to a lack
of specific targets. Severe side effects limit the utility of currently available chemotherapeutics,
which are often used in combination with radiation and surgical interventions. Polymeric
micelles have been evaluated as biocompatible delivery vehicles that, with the right formulation,
may mitigate many of the harmful side effects and provide a more effective treatment. Despite
the initial promise of these nanoparticle carriers, few polymeric micelles reach the clinic due to

poor stability, low drug loading and a lack of predictive pre-clinical models.

This thesis presents a rational approach to the design of polymeric micelle drug delivery systems
in order to improve the efficacy of formulations. Sequential polymer modifications allowed us to
design polymers that self-assemble with high kinetic stability and increased drug loading. We
first investigated the role of PEG density on polymeric micelle stability, showing that by
increasing PEG graft density we could achieve polymeric micelles stable through lyophilization
and in serum. Next, we investigated mechanisms of enhancing drug loading. We showed that for
colloid forming drugs, like PPD, we could form drug-laden particles by stabilizing a colloidal
drug core within a polymer corona. For other drugs, like docetaxel, the affinity of the drug for
the core was increased by facilitating intermolecular interactions with the polymer backbone.
Specifically, by incorporating a peptide from the native binding site of docetaxel, we were able
to form particles that reached effective doses of the drug without jeopardizing the particle
stability. Finally, we demonstrated that these particles were efficacious against an orthotopic
model of breast cancer and improved survival over free DTX due to an increased therapeutic
index. In this study we also showed that active targeting ligands had no benefit on the efficacy of
this system. In the following discussion we will explore the importance of these findings to the

field of nanoparticle drug delivery.

6.1 Establishing the role of PEG in polymeric micelle stability

It is well established that upon injection, many proteins present in the physiological environment
will adsorb to the surface of a micelle non-specifically, marking it for removal by phagocytes in
a process known as opsonization [189], [248]. Opsonization has been shown to cause premature

clearance of nanoparticles [52], [249], [250]. Protein adsorption may also induce premature
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release of drugs due to a partitioning effect before they reach their target [85], [155]. PEG is
frequently employed in nanoparticle formulations to decrease protein adsorption and reduce
opsonization, conferring “stealth” properties to the nanoparticle [164]. This is usually achieved
by incorporating PEG into the polymer, using either long linear PEG chains or branched PEGs
onto the polymer backbone [166], [251]. Increasing PEG density is well established to reduce
both total protein adsorption and change the profile of those proteins that adsorb [73], [77], [79],
[80].

Despite the role of PEG in mediating nteractions with the components of the serum, few
publications address the stability of polymeric micelles in serum or proteins. Several groups
[252], [253] have studied the effect of single protein components, such as albumin, on the size of
particles overtime, however, this does not accurately represent the full complement of proteins in
blood [155]. In serum, the stability of micelles has been measured by methods using the
quantification of conjugated fluorogenic probes or encapsulated FRET pairs [156]-[159]. While
these methods provide valuable information, the incorporation of an external probe may alter the
stability of the formulation. The use of a probe-free strategy, such as the size exclusion
chromatography method developed by Hammond et al., allows for the assessment of the inherent
kinetic stability of micelles [105]. To validate the role of PEG density on the kinetic stability of
our polymeric micelles, in Chapter 2.3.10 we investigated the stability of micelles in serum
containing conditions at 37°C to better reflect physiological conditions. Limitations of available
analytical methods prevent testing stability in full serum, but provide a good indication of the
effect of serum proteins (20% serum conditions) on the particle stability. This study
demonstrated that increasing PEG density has the additional benefit of increased serum half-life
of particles, going from 24 h (low PEG density) to greater than 72 h (high PEG density). This
observation was important, as the presence of serum proteins is well-known to destabilize
micelles upon injection, and provides a rationale for using a more heavily PEGylated formulation
for future studies. Importantly, the shift in the hydrophobic-hydrophilic balance did not
negatively impact the drug loading, which was maintained relative to the backbone polymer
concentration. While the role of PEG in preventing protein opsonization has been well studied,
the influence of PEG density on the kinetic stability of the particle had not previously been
established.
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The surface chemistry of a polymeric micelle dictates its resistance towards aggregation, and it
has been observed that without certain surface characteristics, aggregation due to van der Waals
interactions between particles will occur in solution [254]. PEG-like surfactants (e.g. Pluronic
F68, Pluronic F127, PS80) are frequently added as cryoprotectants when drying particles for
powder formulations in order to eliminate nanoparticle fusion and interparticle bridging that
occurs with inadequate surface protection [255]. The ability to lyophilize particles is crucial for
the scalability and long-term storage of products. We hypothesized that increasing the PEG
density on the surface of polymeric micelles may simplify lyophilization, removing the need for
additional surfactants. To test this hypothesis, in Chapter 2.3 we synthesized micelles with
varying PEG densities by controlling the PEG graft chemistry on the backbone. We concluded
that micelles of polymers with at least 1.5 PEG/backbone could be lyophilized without using
additional excipients or changing the CMC, indicative of the thermodynamic stability of the
system. Importantly, the unique graft architecture of our polymer, P(LA-co-TMCC)-g-PEG,
allows for the conjugation of multiple PEG chains by tightly controlling the carbodiimide
coupling chemistry. If a linear block co-polymer was used, which in general can only be
modified at the end group, this strategy could be amended with the use of branched PEGs [166].
Alternatively, incorporation of other monomers with functional handles into the polymer
backbone could be used, such as derivatives of peptides [256], methacrylamides [110] or
methacrylates [257]

6.2 Mechanisms for high drug loading

One of the main limitations to translation of polymeric micelles is low drug loading. The
conventional route of drug encapsulation is based upon hydrophobic interactions within the core
[258]. This approach suggests that if a small molecule drug is hydrophobic, it will be entropically
driven to the hydrophobic core of micelles during self-assembly. The success of this approach is
limited by the self-aggregation and precipitation of many of these small molecules, as well as
partial solubilization within the corona of the micelle, which leads to premature burst release
[167]. To circumvent this limitation, a variety of non-covalent and covalent chemistries have
been applied to introduce drug-polymer interactions within the core of micelles, increasing the

loading of desired cargo [212].
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The general principle for non-covalent interactions is “like attracts like”, so for example, the
incorporation of aromatic groups increases the loading of a drug with aromatic groups through
pi-pi interactions [110]. This strategy has evolved to incorporate other interactions including
ionic [126], crystalline [108] and hydrogen bond donor-acceptor pairs [128]. Collectively, the
incorporation of alternative intermolecular interactions has shifted the loadings of polymeric
micelles from ~5 to ~15-20 wt%, representing a significant advancement for the field and
enabling efficacious doses in a variety of cancer models [211]. Notably, this increased loading
frequently comes at the cost of the stability of micelles, especially in the protein milieu
encountered in vivo [167], [212]. To address this, covalent strategies have been applied, such as
cross-linking of the core [259], [260] and chemical conjugation of the drug [182], [261], [262].
While these strategies overcome the thermodynamic and kinetic instability of many of these
systems, the robustness of this chemistry can make the controlled release of cargo challenging
[127], [212]. There are some noteworthy exceptions, such as the paclitaxel-recombinant
polypeptide nanoparticle developed by Chilkoti et al., which outperforms Abraxane in multiple
cancer models [263] and CRLX101, a camptothecin conjugated nanoparticle in clinical trials for

the treatment of a number of solid tumours [264], [265].

In this thesis, we integrated more specific non-covalent interactions within the core to increase
drug loading without reducing the particle stability or preventing drug release. The mechanism of
these interactions is discussed in subsequent sections. Importantly, we confirm in our work that
there is no “one-size-fits-all” approach, and each drug candidate requires a unique polymer

solution that exploits distinct intermolecular interactions for core solubilization [76], [206].

6.2.1 Colloidal aggregation to enhance drug loading

The aggregation of a subset of hydrophobic drugs into colloidal structures in aqueous media has
largely been thought to be a nuisance in biochemical and drug screening assays [112], [193].
These drugs have low critical aggregation concentrations (CACs), analogous to the CMCs of
polymers, above which they self-assemble in solution [117]. While many of these colloids are
nano-sized initially, the high energy state of the amorphous phase means that these aggregates
are unstable over long periods of time [121]. Interestingly, the use of additives such as
surfactants or dye molecules in these colloids has increased the stability for utility in enzyme

sequestration [121] as well as for oral [116], [120], [195], [266] and parenteral [154], [267] drug
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delivery. Furthermore, several groups have sought to modify small molecules with hydrophobic

tails, such as squalene, in order to enable colloidal particle formation [122], [268].

Taking these observations one step further, in Chapter 3 we devised an approach in which we
take advantage of the intrinsic physicochemical properties of certain drugs within the core of our
particles, and incorporate polymers for surface stabilization. The polymers serve not only to
prevent further aggregation through steric repulsion [177], but also to prevent protein adsorption
in serum containing media [79]. We were particularly interested in two colloidal aggregators,
PPD and fulvestrant, which are both poorly soluble, efficacious chemotherapeutics that present a
significant formulation challenge [15], [196]. We were able to optimize polymer-stabilized
colloidal formulations of these drugs by screening a number of polymeric excipients used in
pharmaceuticals (e.g. UP80, Pluronics) and in polymeric micelles (e.g. P(LA-co-TMCC)-g-PEG,
Vitamin-E-PEG). As expected, the optimum polymer for the two drugs was different, due to
differences in intermolecular interactions at the colloidal surface. PPD-P(LA-co-TMCC)-g-PEG
showed exceptional stability in salt and serum-containing solutions due to shielding at the
particle surface and had an exceptionally high loading of 50%. Notably, we validated the
mechanism of stability in serum containing solutions using a gel-electrophoresis assay, which
confirmed reduced adsorption of the major protein components of serum albumin, fibrinogen and
globulin when polymers were present. Current efforts to assess the in vivo efficacy of these
formulations are ongoing. In addition, more thorough examination of small molecule aggregation
behavior and polymeric excipients will be key to understanding this type of formulation strategy

and its utility with delivery of other therapeutics.

6.2.2 Specific taxol binding peptide polymer modification

Unlike PPD and fulvestrant, the taxanes (docetaxel and paclitaxel) do not form well-defined
colloidal aggregates in aqueous solution and instead self-associate into long fibers that cannot be
readily controlled by this type of formulation [269]. In order to increase drug loading beyond the
20wt% that could be achieved with previously established modifications (e.g. aromatic group
incorporation [110], direct drug conjugation [107], [109]), we sought to conjugate a moiety for
which docetaxel would have a greater affinity. We looked at the binding site of docetaxel on f3-
tubulin, which has been well characterized using biochemical techniques such as photoaffinity

labelling [13] and electron crystallography [14].
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As described in Chapter 4, we incorporated a peptide sequence from the binding site of docetaxel
on B-tubulin into our polymer backbone. The taxol binding peptide was synthesized by
microwave peptide synthesis and modified with a maleimide, allowing conjugation to the
thiolated backbone via a Michael addition. This orthogonal reaction was selected to prevent
peptide self-oligomerization that could happen with the carbodiimide amide-carboxylic acid
couplings used for previous backbone grafting. The conjugation proved to be facile (Scheme 4.3)
and afforded polymers with a 1:1 molar ratio of backbone to peptide. Drug loading of 50 wt%
relative to the backbone was achieved suggesting a specific interaction between the TBP and
DTX. This loading is significantly higher than loadings achieved with less specific
modifications, that range from 5 to 20 wt% [109], [225]. Interestingly, this is also significantly
higher than many DTX conjugate systems, which are limited to 40 wt% [107], [270].

To validate the specificity of the taxol binding peptide, we also synthesized and quantified the
loading of a scrambled peptide, which showed a more modest increase in loading due to
hydrophobic interactions of around 20 wt%. Further characterizing the interaction was an
analytical challenge. Techniques such as isothermal calorimetry require aqueous experimental
conditions and high concentrations that cannot be achieved with DTX and the peptides.
Techniques that use organic solvents, such as NMR, do not reflect the native environment within
the micelle core and can cause conformational changes of the molecules [220], [221]. This work
suggests the need for computer simulations or analytical techniques that can better characterize
complex interactions within the micelle, in order to better understand their structure-activity

relationship.

The assessment of drug release in physiologically relevant media is rare, but can provide crucial
information about their in vivo behaviour [105], [155], [190]. The majority of release assays

done in the literature use aqueous buffer conditions, which limits our understanding and can lead
to confounding results in biological environments [41], [167], [271]. Specifically, the presence of
proteins can lead to premature drug release due to a partitioning effect between the hydrophobic
core of the micelle and the hydrophobic pockets of the proteins [85]. This effect is augmented in
systems with high loading, where there is lower polymer content and thus increased protein
adsorption [154], [167]. In our system, we are able to prevent protein adsorption using the
heavily PEGylated brush structure discussed in Chapter 2 and combining it with the increased

loading described in Chapter 4. We were able to validate that the increased loading in our system
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was not at the cost of the kinetic serum stability by showing an equivalent DTX release profile to
an unmodified polymer control. Thus, we have investigated the role of TBP modification on both
drug loading and serum stability to ensure these properties will be translated effectively in the in

vivo setting, described in the next section.

6.3 Increasing the therapeutic index of docetaxel

There are several nanoparticle formulations of small molecule drugs currently on the market for
their improved tolerability over conventional surfactant based formulations. Although the initial
excitement of nanoparticle drug delivery focused on the potential of improved efficacy due to
specificity, this has not been translated into the clinic. Instead, nanoparticle strategies have
proven beneficial for increasing the therapeutic index of these drugs. In fact, all of the clinical
nanoparticles were given approval on the basis of improving the drug’s toxicological profile in
patients [38]. Notable successes include Abraxane [236] and Genexol-PM [272], nanoparticle
formulations of paclitaxel; Marqibo [273], a liposomal formulation of vincristine; and Doxil
[274], the benchmark liposomal formulation of doxorubicin. Significant research has led to
clinical trials of several docetaxel nanoparticles trials including BIND-014 [275], however, there
are currently no clinically approved docetaxel nano-formulations. The increased toxicity of
docetaxel over paclitaxel provides a potential benefit for using a more tolerable formulation

[276].

In Chapter 5, we investigated our novel NP DTX platform in an orthotopic mouse model of
breast cancer. Our system had improved pharmacokinetics (increased half-life and area-under-
the-curve) over free DTX comparable to previous observations [131], that were expected based
on the low CMC, good kinetic stability and high PEG density of the formulation [190], [197].
Notably, the main side effects of DTX are neutropenia and thrombocytopenia [224], thus
dramatic increases in plasma residence time may not be desirable. Instead, the modest
improvements in serum half-life give way to increased tumour accumulation at all early time
points. A parallel increase in non-target organs was not observed except for transient cases at
early time points. More importantly, no changes in accumulation in the organs of the
mononuclear phagocyte system were observed, suggesting that the PEG effectively prevented
premature clearance. Similar to clinical formulations, the pharmacokinetic improvements did not

translate to better efficacy, where dose-matched NP DTX showed similar tumour reduction and
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survival to Free DTX. The main benefit of this system was the improved tolerability, with an
increased maximum tolerated dose when DTX was delivered in our NP, allowing higher dosing
regimens and increased survival (over 30%) compared to the maximum tolerated dose of Free
DTX. The preclinical behaviour of our system is similar to what was seen with clinically
approved formulations of other drugs, providing evidence for its potential applications moving

forward.

6.4 Ultility of active targeting ligands in nanoparticle drug delivery

Active drug targeting has received a great deal of research attention including a significant
number of preclinical studies. In contrast to passive targeting, which is based on the passive
extravasation of the tumour, active targeting incorporates ligands that are designed to bind to
receptors overexpressed on the cancer cell surface. These targeting ligands range from small
molecules to sugars to antibodies [277] and are used to increase particle cell uptake. Despite the
research focus, very few actively targeted nanoparticles have reached clinical trials and none
have been approved for clinical use [278]. Several explanations have emerged, however it is
generally well accepted that the incorporation of ligands does not change the in vivo
biodistribution nor the tumour accumulation [64], [245] and thus may not provide benefit for
molecules that freely penetrate cell membranes [83], [242]-[244]. In fact, targeting ligands may
be a hindrance to the therapeutic effect of the cargo if they prevent tumour penetration due to
binding of receptors close to the surface of the tumour [41]. Importantly, active targeting may be
advantageous for formulations that rely on cell uptake for efficacy such as CALAA-01, a
cyclodextrin based nanoparticle delivering siRNA [279]. This particle requires cell
internalization in order for the siRNA to be effective and shows substantial improvements with
the incorporation of transferrin. Other hydrophilic therapeutics may also benefit from the
inclusion of targeting ligands [246], [247]. Notwithstanding this surmounting evidence against
the use of an active targeting strategy, we sought to verify the utility of a novel targeting ligand

in our nanoparticle to see if trends observed hold true for systems with enhanced stability.

Antibodies have been beneficial as stand-alone therapies [21], [226] and conjugated in other
systems, such as in the case of antibody-drug conjugates [280]. The efficacy relies on the
mechanism of antibody dependent cell-mediated cytotoxicity [21], [59], which is not available in

immunocompromised mouse models or without the Fc region. Coating nanoparticles with
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antibodies can lead to premature clearance due to an enhanced immune response to the Fc
region, therefore investigations in immune competent animals are crucial to establish accurate
nanoparticle behaviour [226]. In order to investigate the effect of the antibody as a targeting
ligand without concerns of premature clearance in future studies, we incorporated the fragment
antigen binding (Fab) of a novel HER2 antibody, 73J. In vitro, Fab 73J-NP show improved cell
uptake, suggesting a potential benefit in drug delivery to HER2+ cells [29]. However, in Chapter
5.4, we showed that Fab 73] had no impact on the efficacy of the NP DTX, showing similar
tumour growth and survival to the untargeted formulation. This corroborated previous reports
and suggests that active targeting is not beneficial for the delivery of DTX in nanoparticles.
Further exploration on the use of conjugated antibodies should be geared towards the delivery of
hydrophilic cargo, such as siRNA, or in combination therapies, such as a therapeutic antibody
with the small molecule drug. In addition, studies in immunocompetent models would be
important to analyze both the immune response to ligand coated particles, and the therapeutic
benefit of certain targeting ligands (i.e. antibodies), whose mechanism of action relies on

complement activation.

6.5 Conclusions

Over the course of this thesis, an efficacious nanoparticle drug delivery system was designed for
increased stability and drug loading over conventional polymeric micelles. This validated the
primary hypothesis that “chemically designed P(LA-co-TMCC)-g-PEG will self-assemble to
form stable micelles and effectively deliver drug to tumours”. Using the carboxylic acid
functionality and the unique graft architecture of our polymer system, the PEG density was tuned
to improve the stability of the micelles through both lyophilization and in serum conditions. It
was found that shifting the PEG density to greater than 1 PEG/backbone enabled lyophilization
without the use of toxic excipients, such as Pluronics. The increasing PEG density also correlated
with enhanced serum stability, shifting the half-life from around 24 h (for low PEG density
systems) to greater than 72 h (for high PEG density systems). Importantly, this was not at the
cost of drug loading and instead contributed to denser PEG brush architecture at the corona of

the particle.

In order to increase the drug loading and thus the usability of our micelles therapeutically, we

pursued two different strategies. For drugs that had self-assembling colloidal properties, such as
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fulvestrant and PPD, we developed a novel method of stabilizing the colloidal core using
polymers. We showed that the incorporation of polymers prevents aggregation of the colloids,
and enhances the stability in serum by reducing adsorption of serum protein components,
including globulin, albumin and fibrinogen. In contrast, for DTX, a drug that does not self-
assemble into colloids and instead aggregates and precipitates out of solution, we presented a
strategy to facilitate intermolecular interactions within the core in order to increase loading. A
peptide from the binding site of docetaxel on the microtubule, termed taxol binding peptide, was
conjugated to the polymer backbone using a maleimide-thiol Michael addition. Drug loading was
found to be five times higher than unmodified polymeric micelles, and more than two times
higher than less-specific conventional modifications. Release studies showed that the stability of
the micelles was retained, with no release of DTX before 24 h in serum conditions. Collectively,
these studies highlight that drug delivery vehicles are not a “one-size-fits-all” approach and

rational design is necessary to formulate drugs stably for use in vivo.

Finally, we sought to test the efficacy of our NP DTX in a relevant orthotopic mouse model of
breast cancer. We demonstrated that the NP DTX improved blood circulation and tumour
distribution over the conventional surfactant-based Free DTX formulation. Importantly, we
found that the more tolerable NP DTX formulation allowed higher dosing regimens over the Free
DTX, which led to reduced tumour size and longer survival in the mice. These properties
validated the P(LA-co-TMCC)-g-PEG, TBP as an alternative to surfactant-based formulations

with improved tolerability in animals.

6.6 Achievement of objectives

This research was motivated by the following hypothesis:

Chemically designed P(LA-co-TMCC)-g-PEG will self-assemble to form stable nanoparticles
with high drug loading and effectively deliver drug to tumours.

Herein, we describe chemical modifications to produce serum-stable P(LA-co-TMCC)-g-PEG
micelles with high loading which effectively deliver drug to tumours. Achievement of the
objectives originally laid out in Chapter 1 are summarized below:

1. To increase polymeric nanoparticle stability.



116

P(LA-co-TMCC) was functionalized with between 0.5 to 6 PEG/backbone by
controlling carbodiimide graft conditions.

Increasing PEG density had no impact on the thermodynamic stability (CMC) or
drug loading of micelles.

Lyophilization studies revealed that polymers with greater than 1.5
PEG/backbone served as a self-cryoprotectant and enabled surfactant-free freeze
drying and resuspension.

Higher PEG densities increased serum stability of polymer micelles, increasing

the half-life to over 72 h with 6 PEG/backbone.

These data were presented in Chapter 2 and published in Chemistry of Materials[197].

2. To encapsulate pentyl PABC-doxaz in a polymeric nanoparticle.

Fulvestrant and Pentyl PABC-Doxaz (PPD) were formulated as salt-stable
colloids using UP80 and P(LA-co-TMCC)-g-PEG, respectfully.
PPD-P(LA-co-TMCC)-g-PEG colloids, with a loading of 50%, were monitored
by the drug’s absorbance at 280 nm, and were stable in serum for over 48 h.

The mechanism of serum stabilization was confirmed to be a reduction in protein
adsorption, specifically albumin, globulin and fibrinogen, to the surface of

particles.

These data were presented in Chapter 3 and have been submitted to Molecular Pharmaceutics.

3. To increase docetaxel loading in polymeric nanoparticles.

P(LA-co-TMCC)-g-PEG was functionalized with thiol moieties, which could be
selectively reacted with maleimide-taxol binding peptide to form Prgp.

Prgp formed micelles with DTX loading five times higher than unmodified
polymer, or 50 wt% relative to the backbone.

The specificity of the TBP modification was confirmed using a scrambled peptide
control that showed only 20 wt% loading relative to the backbone.

Prgp showed similar DTX release profiles to unmodified polymer in serum, with

no significant drug release before 24 h.
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* Cytotoxicity of DTX was maintained when delivered in Prgp micelles, and

polymers alone were cytocompatible.

These data were presented in Chapter 4 and published in Chemical Communications[190].

4. To assess the in vivo efficacy of DTX loaded Fab 73J conjugated-micelles in an
orthotopic human xenograft tumour model in mice.

* NP DTX increases the therapeutic index of DTX over the conventional ethanolic
polysorbate 80 formulation, with a maximum tolerated dose 1.6-times higher.

* Pharmacokinetic and biodistribution studies established improved blood
circulation and tumour distribution of NP DTX over the Free DTX formulation.

* The reduced toxicity of the NP DTX allowed higher dosing regimens in an
orthotopic breast cancer mouse model, in which we showed better efficacy and
survival than the Free DTX formulation.

* The incorporation of an active targeting ligand, Fab 73J, did not impact the
efficacy of the NP DTX, corroborating previous reports that targeting ligands

provide no additional benefit for the delivery of hydrophobic small molecules.

These data were presented in Chapter 5 and submitted to Biomaterials.
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7 Recommendations for future work

In this thesis, polymeric nanoparticles were developed for the delivery of two different
chemotherapeutics using a rational design strategy. Chemical modification of the polymer
backbone enabled the production of polymeric nanoparticles that were serum stable, exhibited
high drug loading, and were efficacious against an orthotopic breast cancer mouse model. Future
work stemming from this thesis falls under three categories: tracking nanoparticles to better
understand the biological fate of the polymeric micelle, expanding the system for the delivery of
novel and combination therapeutics and using metastatic and more clinically relevant models of

cancer to better predict translation of this system into patients.

7.1 Tracking nanoparticles

In Chapter 4, we compared the pharmacokinetics and biodistribution of NP DTX to Free DTX
using a sensitive HPLC-MS/MS method that can quantify DTX down to nM levels [197]. While
this method provides important information about the pharmacokinetics and biodistribution of
the drug, it is not indicative of the elimination or the distribution of the polymer components,
intact particles, or the DTX metabolites. Tracking the polymers and thus the particle, could
provide a better an understanding of the micelle’s biological fate, and allow correlations between
the tumour morphology and the efficacy. Several established imaging and labelling techniques
could be applied to our novel micelle formulation to provide a deeper understanding of the
micelle’s biological interactions. In vitro labelling of the micelle could inform particle design
based on the micelle-cell interaction. In vivo micelle tracking would allow a more accurate
measure of biodistribution over time [47], [281], [282] and establish the degradation and

elimination of the polymer chains [283].

There are several methods to label the polymeric micelles for tracking both in vitro and in vivo.
Conjugation of a fluorophore can be achieved by chemically modifying either the PEG end-
group or modifying the backbone directly. Direct conjugation allows tracking of the polymer
within the cell, which, in combination with other cell compartment staining, could reveal the
particle’s uptake mechanism and fate within the cell [284], [285]. This is of particular
importance when delivering hydrophilic cargo, such as siRNA, where the mechanism of action

requires penetrating membranes of the endo-lysosomal pathway [138]. In vivo, this strategy
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could be used to evaluate the biodistribution of the particles overtime by investigating co-
localization of the particles with fluorescently tagged tumours (e.g. GFP-overexpressing cancer
cells) [286]. Whole body imaging [287] and intravital microscopy [288], [289] would allow for
real time analysis of the circulation, adsorption and elimination of particles, enabling a better
understanding of the biological fate of the particle and its accumulation at target sites, such as the
solid tumour. Importantly, these techniques could also be used to investigate the morphology and
vasculature of tumours to preselect patients that may benefit from nanoparticle treatments [238],

[290] and to correlate response with degree of tumour penetration [289] .

An alternative method to direct conjugation of a fluorophore is encapsulation. Hydrophobic
fluorophores, such as the FRET pair DiO and Dil, can be encapsulated within the core of the
micelle to establish the in vivo stability overtime as disassembly of micelles will shift the
emission profile of the cargo [291]. This would allow correlations between the in vitro
assessments of micelle stability, such as those described in Chapters 2.3.10, 3.4.2 and 4.4.4, with
the stability upon injection in vivo. In order to better understand the degradation and elimination
of the P(LA-co-TMCC)-g-PEG, radio-labelled polymers (such as '*C) can be used [283] in
combination with an imaging technique like positron emission tomography (PET) [292]. This
would clarify the mechanisms of elimination of the polymers and highlight potential organ
toxicities associated with the materials, which are important for approval by governing agencies.
Notably, in vivo assessments could be combined with mechanistic in vitro degradation studies
using proton NMR and GPC [293], in order to establish the stability of polymers over long time

periods, relevant to the storage of pharmaceuticals.

Together, the labelling and imaging techniques discussed in this section would clarify the
biological fate of our novel polymeric micelle delivery system and provide mechanistic insight
into the efficacy and pharmacokinetics that have been observed. These results can both guide the
design of future iterations of the polymeric micelle to improve its targeting and present a
personalized medicine approach, guiding the selection of patients who can benefit from

nanoparticle drug delivery.
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7.2 Delivery of novel and combination therapeutics

In Chapters 3 and 4, we demonstrated the optimization of our polymeric micelle system for the
delivery of two chemotherapeutics, PPD and DTX, based on their innate physicochemical
properties. There is substantial opportunity to use our novel polymeric micelle as a platform for
the delivery of alternative small molecule therapeutics, owing to the heightened serum stability
and simple functionalization of the polymer system. As previously stressed, nanoparticles have
made significant progress in improving the tolerability and increasing the specificity of
hydrophobic small molecules, which normally require harsh excipients for their solubilization
[37], [213], [290]. This property could be extended beyond clinically established drugs and be
used for compounds which, although highly potent, fall short in preclinical studies due to poor
pharmacokinetics and narrow therapeutic indices [294]. These compounds have been used
successfully in antibody-drug conjugates, in which toxicity as a monotherapy is circumvented
with conjugation to an antibody. Specifically, the antibody enables discrimination between
healthy and diseased tissues, reducing off-target effects that usually limit the use of potent
cytotoxic agents. Examples of antibody-drug conjugates include Kadcyla (trastuzumab
emtansine) and Adcetris (brentuximab vedontin), which are both clinically approved and well

tolerated [295].

The majority of cancer patients are treated with combinations of chemotherapeutics that address
multiple targets, providing the opportunity to design elegant drug delivery vehicles encapsulating
more than one cargo. Our polymeric micelle platform could be adapted for the delivery of
combination therapeutics, enabling dosing regimens and synergistic effects not possible with
conventional surfactant systems. This strategy has been used in several nanoparticle formulations
currently in clinical trials. VYXEOS (CPX-351, Celator), is a liposomal carrier which co-
encapsulates two drugs, cytarabine and daunorubicin, at a fixed synergistic ratio for the treatment
of high-risk acute myeloid leukemia. In a recent Phase III study, VYXEOS improved the
survival in these patients by over 30% [296]. Alternative combination nanotherapies have been
used to augment the effect of immunotherapy. Fahmy and colleagues recently developed a
nanoscale polymeric particle, which co-encapsulated transforming growth factor beta and
interleukin-2, in order to activate the innate and adaptive immune response and significantly
increase the activity of natural killer and T-cells, improving survival and delaying tumour growth

in a mouse model [297]. Both of these examples suggest the potential of combination therapies
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for cancer therapy, providing the basis for the encapsulation of synergistic drug combinations in

our polymeric micelle system.

Taking advantage of the chemical flexibility of our polymer, unique solutions (such as those
discussed in Chapters 3 and 4) can be used to increase drug loading of a wide variety of
hydrophobic drugs. These include modifying the polymer to facilitate intermolecular interactions
with specific functional groups on the drug (such as aromatic groups [225], or hydrogen bond
donors and acceptors [128]), conjugating the drug directly to the polymer [55], or using the
polymer to stabilize colloidal aggregates of a drug itself [192]. To allow for serum stability and
desired release kinetics, the PEG density of the system can be tuned using the chemistry
established in Chapter 2. If targeting is beneficial, the delivery system can be expanded with the
conjugation of a variety of ligands using bio-orthogonal click chemistry with terminal PEG end-
groups [135]. To this end, our novel polymeric micelle system should be expanded for the

delivery of numerous therapeutics.

7.3 Metastatic and predictive models of disease

In order to predict the efficacy of nanoparticles on human cancers, the majority of models use
immunocompromised mouse strains bearing human tumour xenografts from single clonal cell
lines[229]. While these models provide valuable insights, translation of nanoparticles to the
clinic has been limited and results collected from mouse models are rarely validated in patients
[40], [44]. The use of orthotopic models, such as the MDA-MB-231/H2N model employed in
Chapter 5, better reflects the vascular capacity and metastatic potential of human cancers [61],
[62], [227], improving upon the predictability of subcutaneous models in the back or flank of the
animal [228]. Notwithstanding these improvements, cell-line derived tumour models show
accelerated growth rates that reduce the neovascularization and blood vessel remodeling
observed in human samples [298]. Moreover, single cell lines do not adequately recapitulate the
complexity of treating human tumours with multiple cell types and varying phenotypes [299].
For example, recent evidence has suggested that cancer stem cells are responsible for the
recurrence of aggressive forms of cancer such as glioblastoma [300]-[302]. Cell line xenograft
models do not exhibit the recurrence of these cancers due to cancer stem cells, which is the main

cause of mortality in patients [303].
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Current efforts in the field on the establishment of a well-defined and predictive panel of animal
models for cancer research are ongoing [278]. Using a mixed cell population from primary
tumour biopsy provides a more clinically relevant response [304]. While these patient derived
xenograft models better represent the broad molecular diversity of the disease, they still do not
recapitulate the human cancer stroma or the growth rate of patient tumours [305]. Reliance on
xenograft analyses has been slowly shifting with the development of genetic mouse models,
balancing the needs for short latency and adequate modelling of human disease. Genetic
spontaneous tumour models better mimic the biological evolution of human cancers and more
accurately predict clinical outcomes [298], [306]. Importantly, genetic models allow the use of
immune competent animal strains, providing a more predictive MPS response [307]. Although
not perfect, a solid understanding of the human target can aid in the development of more
accurate models that mimic tumour progression and response. In the future, accurate mouse
models of human cancer could predict therapeutic resistance in advance of the clinical
presentation, facilitating better response with therapeutics in the clinic [298], [308]. To this end,
further evaluation of our novel docetaxel loaded NP system should be done in more relevant
models of disease, such as genetic spontaneous models, which better predict translation into

patients.



Appendix A: Abbreviations

ADCC

CMC

DLS

DMF

DTX

EPR

Fab

Free DTX

FPLC

GPC

HER2

HPLC-MS/MS

IgG

1Y%

LA

MPS

NMR

NP

Antibody Dependent Cellular Cytotoxicity
Critical Micelle Concentration

Dynamic Light Scattering
Dimethylformamide

Docetaxel

Enhanced Permeability and Retention
Fragment, antibody binding region

Ethanolic polysorbate 80 formulation of docetaxel
Fast Protein Liquid Chromatography

Gel Permeation Chromatography

Human Epidermal Growth Factor Receptor 2

High Performance Liquid Chromatography coupled to
Tandem Mass Spectrometry

Immunoglobulin G

Intravenous

Lactide

Mononuclear Phagocyte System
Nuclear Magnetic Resonance

Nanoparticle
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NP DTX Nanoparticle containing encapsulated docetaxel

P(LA-co-TMCC)-g-PEG-furan Poly (D,L-lactide —co- 2-methyl-2-carboxytrimethylene
carbonate)-graft-poly(ethylene glycol)-furan

Prgp P(LA-co-TMCC)-g-PEG;,TBP
Pgn P(LA-co-TMCC)-g-PEG3;,Bn
Pprx P(LA-co-TMCC)-g-PEG;, DTX
P68 Pluronic® F68

PBS Phosphate Buffered Saline

PDI Polydispersity Index

PEG Polyethylene Glycol

PK Pharmacokinetics

PS80 Polysorbate (Tween) 80

SEC Size Exclusion Chromatography

T™CC 2-methyl-2-carboxy trimethylene carbonate
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